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New 3D multi-scale modeling approaches for the structural analysis of native and 
prosthetic Aortic Valves (AV) are investigated. Three different nonlinear hyperelastic 
constitutive material models for the mechanical behavior of the AV tissue are introduced. 
The first is the well-known Holzapfel hyperelastic, anisotropic and homogeneous model. 
The second model, termed the Collagen Fiber Network (CFN), is a heterogeneous model 
that recognizes the hyperelastic collagen and elastin layers using different layered finite 
elements. The third hyperelastic model is implemented using a new nonlinear 
micromechanical formulation of the High Fidelity Generalized Method of Cells 
(HFGMC) originally proposed by Aboudi. The latter two material models are 
heterogeneous and explicitly recognize the in-situ tissue constituents. Initially, a fullscale 
3D structural model of a polymeric-based prosthetic AV model is studied. Time 
dependent transvalvular pressure measured from in-vitro experiments is applied to the 
AV structural model. This model is verified using deformation metrics obtained from 
images taken with high speed cameras during in-vitro experiments. The predictions from 
the proposed polymeric AV model are in good agreement with the test data. Next, the 
three tissue material models are examined in their ability to predict the anisotropic 
material behavior of porcine AV leaflet tissue. The Holzapfel model is calibrated from 
the overall anisotropic uni- and biaxial stress-strain data while the in-situ elastin and 
collagen constituents in the CFN and HFGMC models are calibrated to match the overall 
effective responses. Dynamic structural analysis is performed for the porcine AV with 
applied transvalvular pressure measured from repeated in-vitro tests conducted in this 
study. These experiments are performed using the Georgia Tech Left Heart simulator. 
They are used to measure the aortic and ventricular pressures, along with the kinematics 
of a grid of points placed on the leaflets. Principal stretches are computed from the 
xii 
 
experimental measurements and compared with the AV material-structural predictions. 
The proposed multi-scale modeling approach for the native AV is capable of predicting 
the structural behavior during the entire cardiac cycle without suffering from numerical 
convergence problems. Finally, new nonlinear micromechanical formulations based on 
the HFGMC method are developed and applied for various types of tissue materials 
including the human arterial wall layers and porcine AV leaflets. The proposed 
hyperelastic HFGMC model is compared to the CFN model and the Holzapfel models. It 
is shown that the HFGMC is an effective modeling approach for the arteries especially 






 Millions of people are annually diagnosed with aortic valve (AV) diseases and 
undergo valve replacement surgeries.  Currently, bio-prosthetic and polymeric trileaflet 
aortic valve designs are advocated because they can provide a hemodyanmic performance 
comparable to native AV and their durability seems to be comparable to current 
mechanical prosthesis.  However, structural simulations of both native and prosthetic AV 
under realistic physiological conditions are not fully predictive and advanced material 
and structural modeling approaches are needed.  Computational mechanical models for 
the material and structural behavior of the AV systems (both prosthetic and native) are 
important in order to better understand the AV response under both normal and diseased 
states.  Such models can also help developing new advanced prosthetic tri-leaflet valve 
designs with realistic simulations that accurately predict leaflet kinematics, deformations 
and stresses thus allowing for geometry and material optimization for enhanced 
durability.  In this chapter, a review is presented for the heart and aortic valve systems, 
and previous studies on the structural simulations of tissues are also reviewed.  At the end 
of this chapter, the objectives and scope of this study are presented.  
1.1 The Heart  
 The human heart has four chambers and four valves, which are the right atrium, 
right ventricle, left atrium, left ventricle, along with tricuspid and pulmonary valves, and 
mitral and aortic valve (Figure 1.1).  Blood flows from right atrium to right ventricle 
through tricuspid valve, and goes to the lungs via the pulmonary valve in order to be 
oxygenated.  The oxygenated blood arrives at the left atrium, then goes to the left 
ventricle through the mitral valve, and flow through the body through the aortic valve.  
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Heart valves allow only one direction of blood flow, so the pulmonary and aortic valves 
remain open only during ventricular ejection, and close for the rest of the cardiac cycle to 
prevent blood leakage.  In the same manner, tricuspid and mitral valves open while 
ventricles are filled with blood [1].  A typical cardiac cycle is about 0.8 seconds, and 
heart valves open and closes about 2.8 billion times in an average life time (70 years).   
1.2 Aortic Heart Valve  
 The aortic heart valve is located between the left ventricle and aorta, controlling 
oxygenated blood flow from left the ventricle to our body.  The aortic valve consists of 
three leaflets, stents, and aortic root (Figure 1.2).  The leaflet area can be divided into 
commsure, free edge, and belly regions.  Leaflet tissue has three layers, fibrosa, spogiosa, 
and ventricularis.  The fibrosa is a layer on the aortic surface, where most of collagen 
fiber bundles are aligned.  Spogiosa consists of various kinds of connective tissues and 
proteins.  The layer on the ventricular side, ventricularis, has collagen and elastin 
combined [2].  The dimensions of aortic valve can be described by design parameters 
suggested by Thubrikar[1]. The design parameters are: radius of base and commisures, 
height of valve and commisures, angle of open leaflet.  There are also performance 
parameters, which are: angle of leaflet flexion, minimum coaptation height, leaflet length 
in diastole and systole.    
While congenial abnormality in the aortic valve can be found in young age, aortic 
valve disease is one of the most common valvular problems in old age.  Aortic stenosis 
(Figure 1.3) is diagnosed when aortic valve leaflet becomes thick and stiff due to leaflet 
calcifications.  The thickened or stiff leaflets cannot fully open and close, which can lead 
to blood leakage and back flow, called regurgitation.  This aortic valve disease leads to 
heart failure because blood leakage increases the pumping work load on the heart.  Native 
aortic heart valves may have abnormal structure such as the bicuspid AV that consists of 
two leaflets instead of three.  This structural abnormality may not affect the normal 
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function of the valve.  In many cases of aortic valve diseases, the native valve is replaced 
by a prosthetic valve, e.g. bicuspid and trileaflet prosthetic valves are shown in Figure 1.4.  
Prosthetic heart valves are made of biocompatible materials such as polymers, Ti6Al4V, 
and porcine/bovine heart tissues.    
 
Figure 1.1 Heart anatomy [61] 
 
 




Figure 1.3 Diseased aortic heart valve (Aortic stenosis) [90]. 
 
       
Figure 1.4 Aortic heart valve prostheses left: Carpentier-Edward pericardial valve, right: 
St. Jude mechanical valve  
1.3 Mechanical Behavior of AV Tissue 
The mechanics and deformation of the leaflet material play an important role in 
the local and overall structural response of aortic valves. The leaflets undergo large 
deformation and change of curvature during systole. The material response to these large 
strains is highly nonlinear and hyperelastic. The tissue material is often modeled as a 
homogeneous anisotropic and elastic medium with nonlinear stress-strain behavior. For 
example, the circumferential elastic modulus of porcine and human AV tissue can be 6-8 
times larger than the elastic modulus in the radial direction[1], because the collagen fibers 
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are predominantly aligned in the circumferential direction.  Many studies have been 
carried out to characterize the stress-strain material behavior of the tissue using 
experimental data that are later used to calibrate and construct general analytical 
constitutive models. Uni-and bi-axial stress-strain tests are often conducted to 
characterize the mechanical response of porcine AV leaflets due to their similarity with 
human native heart tissue.   
Missirlis and Chong [3] performed uniaxial stretch tests on different leaflet areas 
in both circumferential and radial directions and examined the spatial heterogeneous 
material response of leaflets.  They also examined the strain values at different locations 
on the AV leaflets under static pressure.  In their companion paper [4], the stresses over 
the leaflets were predicted using the experimentally obtained relations in the form of 
tangential elastic modulus derived from the uniaxial stress-strain results.  Studies with 
biaxial stress-strain tests have been also conducted to understand the mechanical tissue 
response under more realistic stress conditions, e.g. Sacks [5] and Mayne et al. [6].  
Several nonlinear constitutive models have been proposed using higher order strain-
energy density function in terms of the strain (stretch) invariants.  Uniaxial and biaxial 
test data are used to calibrate the anisotropic constitutive model with the goal to predict 
the behavior of general multi-axial states of deformations, e.g. Lanir [7], Sacks [8, 9, 10], 
Sun et al. [17], and Sun and Sacks [18]. 
Bovine pericardial Bioprosthetic Heart Valve (BHV) was studied experimentally 
and simulated under quasi-static loading system (40, 80, and 120 mmHg), Sun et al. [11].  
Different degrees of anisotropy due to chemical treatments were considered in the 
simulations in order to examine their effect on the mechanical behavior of leaflets using 
the strain as a measure.  To understand the different behavior of collagen fiber and elastin 
constituents inside the leaflet, Vesely and Noseworthy [12] separated fibrosa and 
ventricularis from fresh and fixed aortic valve leaflets and performed tensile tests on the 
strips cut from each layer.   It was postulated that while the stiffness of the elastin 
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material (less than 5% of the total tissue stiffness) is small, they contribute to return the 
collagen fibers in their unstretched configuration.  Mavrlis and Missirlis [13] performed 
uniaxial tensile tests on fresh and chemically treated porcine AV leaflets, and human AV 
leaflets with different fixations.  Their experiments showed that fresh porcine AV leaflets 
exhibited somewhat larger strain and lower stiffness compared to fresh human AV 
leaflets.  Doehring et al.[14] developed a new method for estimating quasilinear 
viscoelastic parameter which can be used to characterizing viscoelastic behavior of soft 
tissues.  They estimated quasilinear viscoelastic parameter of aortic valve tissue and 
examined sensibility of the viscoelastic content parameters to different strain rates.  Stella 
et al. [15] also studied time-dependent mechanical behavior of porcine aortic valve 
leaflet, e.g. strain-rate dependence, stress relaxation, and creep response.  They found 
that, using biaxial tests with different loading rates, strain rate effects are slightly 
pronounced in the radial direction, but are negligible in the circumferential direction.  
Nicosia et al. [16] performed biaxial mechanical testing of ascending aortic wall in 
porcine tissue. They found that the mechanical response was linear until 40% of strain 
and anisotropic.   
Despite the previously reviewed extensive studies for the mechanical material 
behavior of the leaflet tissue, the goal of having a general nonlinear multi-axial 
anisotropic constitutive model has not been fully achieved.  This model is examined in its 
ability to be implemented in a general structural simulation for the AV system for the 
entire cardiac cycle.  The models previously reviewed have achieved limited success in 
that regard.   
1.4 Computational Methods for Aortic Valve System 
Three dimensional structural computational models of rubber or polymeric-based 
fiber reinforced prosthetic AVs were studied by De Hart et al. [19] and Liu et al. [20].  
The former examined the maximum principal stress in rubber fiber reinforced AVs and 
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compared the results with unidirectional and sinusoidal oriented fiber models.  The latter 
studied the effect of different fiber orientations from 0 to 90 degree and number of 
composite plies on the stress reduction of a polymeric leaflet reinforced with 
polypropylene fibers.  In both studies, the Halpin-Tsai rule was used in order to compute 
the effective material properties of FRP composite leaflets.  The peak stress values were 
determined from static pressure (leaflets under closing) states applied directly to the 
leaflets.  Stentless fiber reinforced AVs were also proposed to reduce the large flexural 
stresses on the leaflet surfaces, e.g. Cacciola et al. [21].  The latter studied the stentless 
AV structural behavior using 3D FE models.  They showed that the maximum principal 
stress values were reduced as compared to the AV model with stent.  Li et al.[22] 
suggested transversely isotropic material behavior for porcine aortic valve leaflets.  Three 
elastic moduli, Ex, Ey, and Gxy were expressed as a function of strains, εx and εy, based 
on Mavrilas and Missirlis' uniaxial experimental data [13] and the rule of mixtures.  
Analytical results between isotropic and anisotropic leaflet model were compared and 
anisotropic leaflet model shows similar principal stress contour but with larger 
magnitudes than an isotropic model.  Driessen et al. [23] and De Hart et al. [24] analyzed 
collagen fiber reinforced AV with FE models.  In a former study, distribution of fiber 
direction due to mechanical stimuli was remodeled using fiber orientation tensor.  In 
addition, extended constitutive model was used to take account of fiber contents 
increasing with the mean fiber stretch.  Luo et al. [25] analyzed porcine heart valves 
taking into account the anisotropic and nonlinear material behavior.  They examined 
stress distribution of leaflet under static closure pressure, as well as the effect of different 
geometric factors, such as the stent diameter and height.  They showed that in the cases of 
isotropic and anisotropic leaflet the longitudinal in-plan stress were close; however, the 
location of peak stresses could be different.  They concluded that the higher stent with 
smaller diameter geometry reduced leaflet stresses.   
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Dynamic analysis of bioprosthetic valves was performed.  Gnyaneshwar et al. 
[26] modeled the entire aortic valve including leaflets, aortic wall, aortic root, and sinus 
to examine interactions between leaflets and aortic root during cardiac cycle.  Dynamic 
analysis was performed with isotropic and linear elastic material properties.    Kim et 
al.[27, 28] simulated pericardium bioprosthetic heart valves including material anisotropy 
and dynamic effects.  Both studies also report multi-axial test results performed on the 
leaflets to investigate parameters for material models 
 The aortic valve is a strongly coupled fluid-structural interaction (FSI) system.  
Complex multi-scale interaction exists between the pulsatile blood flow and the 
complaint valve leaflets and vascular walls.  The leaflets undergo large-strain material 
deformations in a nonlinear and anisotropic manner.  Highly refined FSI computational 
models may be needed in order to predict both the mechanical responses in the form of 
hemodynamics and structural deformations.  These predictions are required at the blood-
vessel scales in anatomically realistic geometries using complaint wall models and under 
physiological flow conditions.  The ultimate goal of a refined and coupled FSI model is 
to resolve hemodynamic and structural physical scales by including the kinematics of 
complex anatomical configurations, accurately accounting for the strong coupling 
between the flow with the complaint aortic walls and the immersed valve leaflets.  This 
will simultaneously yield accurate predictions of the blood flow, wall shear-stress fields, 
and the resulting tissue stress and strains. The partially coupled FSI formulations have 
been often referred to as partitioned or staggered approaches, e.g. Felippa et al. [30], De 
Hart et al. [31] and Van de Vosse et al. [32].  De Hart et al.[31] studies the mechanics and 
hemodynamics of collagen fiber reinforced aortic valve during systole using Fluid 
Structure Interaction (FSI) method.  The computational analysis results show a significant 
reduction in the maximum principal peak stresses in the leaflets and more stable leaflet 
motion at mid systole when compared to a non-reinforced isotropic valve.  The fluid, 
structure, and Moving Boundary (MB) subsystems are solved sequentially during a time 
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step with state variables being updated after each solution. A major advantage of this 
approach is that specialized solvers can be tailored to the characteristic equations of each 
subsystem.  However, this class of FSI methods is prone to numerical instabilities and 
often requires very small time steps.  A fully coupled FSI method solves all three sub-
problems simultaneously - fluid flow, structural and MB. An iterative procedure is then 
carried out between the MB problem and the above FSI part to minimize the corrections 
generated by the MB part.  The method is more accurate and stable; however, it is 
computationally intensive and can lead to ill-conditioned system of equations that require 
special solvers. The advantage of this class is that both the structural deformation and 
fluid problems are solved and coupled simultaneously for each time step and its iterations 
and the corrections during the iterations are imposed simultaneously. Carmody et al.[33]  
propose a set of two FSI models to solve for the AV system. They use commercial LS-
Dyna finite-element (FE) code for this purpose. Their first problem is generated for the 
left ventricle and an applied surface displacement is imposed on the outside wall in order 
to generate the solution for the blood flow as it moves through the aortic aperture. This 
solution is used for the inlet loading in the second 3D model of the AV and its wall. They 
compare the deformation of the leaflets to images from a pulse duplicator study. They 
observe that the pressure difference applied to the leaflets is close to uniform and 
therefore it is justified to run dry structural models with spatially uniform applied 
pressure difference.  Watton et al. [34] propose a structural model for artificial mitral 
valves using extended immerse boundary (IB).  In their study, IB method is demonstrated 
to be able to simulate FSI problem of thin leaflets with large deformation and 
complicated geometries, such as a mitral valve.  A dynamic model for chorded mitral 
valve is simulated and shows consistency of opening and closing behavior and flow 
characteristics with experimental results.  Even though the previously reviewed FSI 
computational approaches employ relatively sophisticated models, they have very low 
numerical resolution for the blood flow part and lack sophisticated nonlinear tissue 
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constitutive material models.  An alternative approach used in this study is to generate 
refined multi-scale and material structural models to predict the mechanical structural 
behavior of AVs under physiological loading.  In an average form, physiological loading, 
namely transvalvular pressure is prescribed in order to avoid the very large complicated 
FSI problem. This usually results in accurate kinematics predictions for deformation 
measures and scales above micrometer scale.  In the case where sub-micrometer 
deformation and mechanical responses are main interests, coupled FSI models must be 
employed to resolve the pressure and shear states at sub micrometers rather than the 
imposing transvalvular pressure measured from experiments. 
1.5 Nonlinear Tissue Models Based on Strain Energy Density 
For tissues representing hyperelastic material behavior and undergoing finite 
deformations, well known approaches use strain energy functions.  Strain energy function 
is described as polynomial or exponential form of strain tensor components or strain 
invariants.  Different strain energy functions for hyperelstic materials have been proposed 
by Mooney-Rivlin, Yeoh, Arruda-Boyce, Van der Waals, Ogden, Neo-Hookean, and 
Fung, [35, 36].  Strain energy from Mooney-Rivlin, Yeoh, Neo-Hookean, and Fung’s 
models are a polynomial function of strain invariants.  Arruda-Boyce and Van der Waals’ 
models are more complicated formulations than previously mentioned polynomial 
formulations, containing a term for locking stretch.  At the locking stretch, the slope of 
stress-strain curve increases significantly in the former model, while the latter model 
cannot be used because strain energy goes to infinity.  Ogden’s strain energy function is 
described as a function of principal stretches. Depending on the parameters that can be 
chosen by the user, the Ogden’s model can be turned into the Mooney-Rivlin or the Neo-
Hookean model.  
The above strain energy functions are adequate for elastically isotropic materials, 
however, vessels and heart valve tissues are anisotropic due to the effect of collagen fiber 
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reinforcements.  In order to account for the anisotropic material behavior, extended forms 
of strain energy functions from Fung’s model are proposed by Holzapfel et al. [37, 38], 
Zulliger et al. [40], and Prot and Holzapfel. [39].  Strain energy functions are used with 
both isotropic and anisotropic energy terms and implemented for layered fiber reinforced 
composites such as different types of arteries.  The isotropic contribution of the function 
is from Fung’s model and anisotropic contribution is expressed as an exponential of 
second order polynomials of strain tensor components.  Holzapfel et al.[41] develop new 
constitutive model for arterial tissues which have multiple thick walled layers of different 
collagen fiber orientations.  This model is capable of predicting mechanical behavior of 
arteries under physiological conditions of residual stress and combined torsion, extension, 
and inflation.  As for the aortic valve, Holzapfel and Ogden [42] claim that biaxial stretch 
tests and in-plane shear tests may not be sufficient to determine the full material 
parameters of their anisotropic constitutive model.  A modified form of the Neo-Hookean 
isotropic hyperelastic constitutive models, [23, 43] has been developed to account for 
remodeling of collagen fiber direction and content changing due to mechanical 
simulation, e.g. stretching. 
1.6 A Class of 3D Nonlinear Micromechanical Models 
Micromechanical models have been studied for the accurate predictions of multi-
component structures such as fiber reinforced composites.  Aboudi [44] propose method 
of cells (MOC) as a micromechanical approach for composite analysis and applied this 
method for unidirectional composite laminate.  MOC defines fiber reinforced composites 
as an accumulation of repeating unit cells(UC) which have three subcells of matrix and 
one subcell of fiber, as illustrated in Figure 1.5.  The unidirectional composite, consisting 
of long fibers arranged unidirectionally in the matrix system, is idealized as doubly 
periodic array of fibers with rectangular cross section.  A quarter unit cell that consists of 
four subcells is modeled due to symmetry.  The first subcell is a fiber constituent, while 
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subcells 2, 3, and 4 represent the matrix constituents.  The long fibers are aligned in the 
x1 direction.  The other cross-section directions are referred to as the transverse 
directions.  The x3 direction is called the out-of plane axis or lamina thickness direction.  
The total volume of the UC is taken to be equal to one.  The micromechanical model can 
be used in an inverse problem: to determine the collagen fiber and elastin matrix in-situ 
nonlinear stress-strain behaviors given the circumferential and radial uniaxial stress-strain 
test responses. This proposed UC micromechanical model can be extended to time-
dependent and rate effects.  Each subcell obeys a first order theory of displacement, and 
between cells, there exists displacement and traction continuity.  Using equilibrium and 
traction continuity, it is possible to establish the relationship between average stress and 
average stress in composites for an overall response.  This approach is verified with 
existing experimental data on various types of unidirectional composite laminates and 
shows good agreements.   
 
Figure 1.5 Unit-cell (UC) micromechanical model for unidirectional reinforced 
composites proposed for leaflet 
 
Aboudi and Arnold [45] use the Generalized Method of Cells (GMOC) to predict 
thermoelastic behavior of multiphase composites by including thermal tangent tensor in 
the constitutive law.  The effective tangent tensor and thermal tensors are functions of 
mechanical and thermal concentration tensor, respectively.  The concentration tensor 
indicates the relationships between local and overall behavior.  Aboudi [46] also propose 
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an expanded form of micromechanical approach which can predict hysteretic response of 
viscoelastic multiphase composites.  This approach uses viscoelastic concentration tensor 
as well as mechanical concentration tensor for a relationship between local and effective 
deformation tensor.  Later, Aboudi [47] propose a method that can predict viscoplastic as 
well as thermoelastic behavior of multiphase composites. This study also includes second 
order theory for a local displacement which approximates fluctuating displacement 
increments in each subcell.  A higher order theory of displacement field, referred as High 
Fidelity Generalized Method of Cells (HFGMC), has been developed in order to resolve 
an issue of stress fields, which is not well captured from GMC [48, 49]. 
Aboudi's MOC or GMOC has been shown to be well suited for highly nonlinear 
matrix response, such as that exhibited by metal matrix composites.  However, 
integration of the MOC formulation in general 3D analysis of composite structures can be 
tremendously enhanced using the proposed numerical formulation because of the large 
computational effort that is needed to be performed at each material point (Gaussian 
point) of the FEA.  Therefore, it is important to employ the efficient stress update and 
correction formulations for this model that are suitable for nonlinear structural analysis.  
An incremental formulation of the four-cell model was presented in terms of the average 
stresses and strains in the subcells, Haj-Ali et al.[50-53].  Haj-Ali and Kilic [50] perform 
coupon tests on pultruded Fiber Reinforced Polymer (FRP) composites which consists of 
glass roving and continuous filament mat (CFM) layers. Two differently partitioned four-
cell micro models are used depending on the layer and calibrated from the coupon tests.  
In order to take account for viscoelastic behavior, a new method integrating Schapery’s 
model is developed and applied for the isotropic materials and structures [51].  In the 
former, Schapery uniaxial integral form for current strain is decoupled for deviatoric and 
volumetric strain forms for the multi-axial constitutive relationships. Haj-Ali and 
Anastasia [52] develop this method for a laminated composite materials and structures by 
considering fiber and matrix subcells as linear elastic and nonlinear viscoelastic 
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materials, respectively.  Several existing creep test results are used to validate their 
model.  Haj-Ali et al. [53] use micromechanical model for roving and CFM layers with 
cohesive layer that can represent crack growth behavior in FRP composites.  The 
Eccentrically loaded, Single Edge notch (Tension) (ESE(T)) and butterfly specimens are 
tested for mode-I and II crack growth behavior, respectively, and used to validate the 
proposed model.  Haj-Ali and Aboudi [54] propose HFGMC including new stress update 
computational method that can achieve multi-scale material structural analysis with high 
computational efficiency.   
The previously reviewed class of micromechanical models can be used to form 
tissue models with hypertensive constituents.  Therefore, there is a need to develop the 
nonlinear anisotropic micromechanical models for the porcine leaflet tissue.   
1.7 Objectives and Scope of Study 
The overall objective of this study is to formulate and apply new multi-scale 
material-structural models for the mechanical behavior of native and prosthetic tri-leaflet 
aortic valves.  Towards that goal, two new heterogeneous micromechanical constitutive 
models for the leaflets’ tissue are proposed.  The new models are heterogeneous such that 
they explicitly recognize the in-situ composition and mechanical response of the elastin 
and collagen constituents of the tissue. The first heterogeneous modeling approach for the 
tissue involves using two-layered elements for the elastin and collagen using plate and 
shell formulation added together to formulate the effective response of the tissue.  This 
model is calibrated for several areas of the leaflet taking into account the different 
orientations of the collagen bundles and their fiber volume fractions.  The second 
modeling approach involves using three-dimensional micromechanical modeling 
approaches that idealize the material as a periodic medium with axial collagen fibers.  
Both modeling approaches assume an isotropic hyperelastic response of the fiber and 
matrix materials.  Mechanical experimental results available in the literature in the form 
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of uniaxial and biaxial tension tests are used to calibrate the in-situ properties of the 
elastin and collagen fibers and at the same time verify the prediction of the new 
micromechanical models.   These test results are also used to calibrate a well-known 
nonlinear homogeneous anisotropic material model for the tissue in order to compare its 
prediction to the newly proposed micromechanical constitutive models.         
The structural part of this study involves implementing the micromechanical 
material models for the leaflets in nonlinear and dynamic finite-element (FE) models for 
the AV system.  The goal of these structural models is to fully simulate and predict the 
valve mechanical behavior and its kinematics for the entire cardiac cycle.  The structural 
model consists of nonlinear displacement-based layered shell and beam elements.  The 
FE-AV model is subjected to both ventricle and aortic pressure functions as a function of 
time taken from in-vitro test measurements. Different geometric and material parameters 
can be used by the FE-AV models to study the normal and abnormal AV behavior.  The 
goal is to have realistic and predictive multi-scale models that can simultaneously 
combine both the local tissue response (at the collagen and elastin levels) as well as the 
global structural deformations.   
The experimental part of this study consists of in vitro tests for porcine AVs that 
are inserted in the GT left heart simulator.  The valves are subjected to a pulsatile flow 
loop that mimics the physiological conditions.  In addition to the dynamic loop, a static 
pressure profile with no flow is also used to test the mechanical response of the porcine 
AVs.   The static loop uses linearly decreasing pressure condition to observe aortic valve 
and the leaflet responses to pressure conditions employed to exclude dynamic effects 
such as time and damping.  The dynamic loop uses pulsatile loading condition of 
normotensive cardiac pressures. The deformations of aortic valve leaflets are obtained by 
processing two sets of high speed camera images located at two wide angles while 
monitoring the valve kinematics.  A direct linear transformation method is used to 
calculate leaflet deformations in three-dimensional form from two dimensional images.  
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The experimentally obtained leaflet deformations are compared to the ones predicted 




STRUCTURAL SIMULATIONS OF PROSTHETIC TRI-LEAFLET 
AORTIC HEART VALVE 
 
 This chapter presents a combined computational and experimental approach for 
the nonlinear structural simulations of polymeric tri-leaflet aortic valves.  The qualitative 
and quantitative deformation measures are defined in order to compare the predicted 
kinematics from the FE models with the in-vitro measurements.  The deformation metrics 
includes three distances measuring aortic valve center to center of the leaflet edges and 
three stent post to stent post distances.  The FE model validated with the in-vitro 
measurements is used to simulate the diseased valves by modeling leaflet calcifications.  
The combined structural modeling with experimental simulations along with the new 
proposed deformation metrics provide an effective way to study structural behavior of the 
polymeric aortic valve and a path for improving the structural design of prosthetic valves.   
 In the first section, polymeric materials and its applications to the prosthetic heart 
valves are introduced.  The FE modeling approach and test methods are described in next 
two sections. The applications on the diseased valve simulations are presented following 
analytical results and validations section. 
2.1 Polymeric Heart Valves  
Among many other biomaterials as metals, ceramics, and composites, polymers 
are widely used for heart valve replacements due to its wide range of moduli from 
flexible to strong fiber, and easy access to various shapes [55].  One of the most popular 
materials for implantable devices in a polymer group is polyurethane.  The polyurethanes 
are a family of heterogeneous polymer group containing hard segments of glassy or 
semicrystalline and soft segments of elastomeric chain [56].  Since these segmented 
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blocks are randomly dispersed, polyurethane is often considered as isotropic material in 
macroscale.  The characteristics of polyurethane such as high strength, resistance to 
degradation, and high biocompatibility can be determined from its molecular design.   
The structural behavior of polymeric aortic valve has been studied, e.g. De Hart et 
al. [19], Liu et al. [20], Cacciola [57], and Mackay et al. [58].  The former three studied 
fiber reinforced polymeric valves by examining principal stresses predicted from the 
computational models. The latter proposes a new polyurethane valve design and 
evaluates its capacity from hydrodynamic testing and fatigue tests.  
2.2 In-Vitro Tests on Polymeric Heart Valves  
This study uses a prototype design provided by AorTech Europe with leaflets 
manufactured from high silicone content polyurethane copolymers (Elast-EonTM) and 
the valve frame and stents machined from PEEK (Poly-etheretherketone).  The valve is 
shown in Fig. 2.1. The valve consisting of 23mm root diameter and the leaflets of 80 μm 
thick was mounted onto flexible stents that lead to a circular orifice during forward flow.  
As can be seen in the Fig. 2.1, the leaflets had a semi-open position in the zero loaded 
state.   
 




The pulsatile flow loop consists of a valve mounting system, a pulse generating 
system, a reservoir, a flow transducer, two pressure transducers, and a high speed camera. 
The polymeric valve was inserted into an acrylic valve chamber and placed under aortic 
physiological conditions in the Georgia Tech Left Heart simulator, shown as Fig. 2.2.  A 
prosthetic mitral valve was mounted the downstream section, Pressure was controlled by 
pulse generator, air compressor, pneumatic control board, and a computer. Detailed 





Figure 2.2 Dogleg section for use of acquiring upstream images of the polymeric aortic 
valve 
 
In order to provide for quantitative deformation measures that can enable 
quantitative verification of the proposed FE models, six deformation measures were 
defined in this study.  These are the current distances (with displacement) defined in the 
deformed configuration using the 2D high-speed video recordings of the upstream view 
of the leaflets.  The 2D section of the AV is shown for these metrics in Fig. 2.3(a).  The 
first three define distances in the current top-view of the deformed configuration between 
the center of the AV and the points on the leaflets’ edges intersected by the three lines in 
the direction normal to the corresponding stent post-to-stent post (SPTSP) lines.  The 
other three deformation metrics, number four to six, define the current SPTSP distances 
as shown.  In order to verify our model, these six deformation metrics were calculated 
from the 2D images recorded every 0.002 sec during in-vitro experiments using a camera 
mounted in the upstream direction.  A Matlab© program was written using its rich image 
toolbox routines to process the images collected.  Figure 2.3(b) shows the same six 
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deformation metrics drawn with the FE model as it deforms.  The deformation metrics 
are then calculated and associated with time and transvalvular pressure values.  The first 
three distances or deformation metrics (D1, D2, and D3) define the kinematics of the 
leaflets and how much deformation each leaflet undergoes while the second group of 
three metrics is associated with the deformation of the AV skeletal which their rate is 
often assumed to be rigid and of lower order of magnitude.  The latter can also indicate 
the level of stent flexibility during the cardiac cycle.  Since the current FE model is 
symmetric the first three metrics are identical as well as the second group of SPTSP 
metrics.   
 
Figure 2.3 Proposed deformation measures (metrics D1 to D6) defined in both: (a) the 
actual valve and (b) at the FE mesh.  These are measured in the current configurations 
(kinematics) associated with time or transvalvular pressure magnitudes 
2.3 FE Modeling Approach 
The nonlinear general purpose implicit finite-element (FE) Abaqus© code was 
used in the structural modeling of the aortic valve system described above.  Nonlinear 
material behavior is used for the polymeric leaflets in order to obtain accurate 
deformations and stress fields.  Contact formulation was included in the models which 
allow capturing the dynamic “bounding” effect between the leaflets at valve closure.  The 
(a)                                                                      (b) 
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analyses generated were quasi-static with a prescribed physiological transvalvular 
pressure measured from the in vitro experiments.  Detailed formulation of the nonlinear 
FE can be found in several advanced FE and computational mechanics books, e.g. Bathe 
[63], Belytschko et al. [64], Crisfield  [65], Simo and Hughes [66], and Taylor [67]. 
The geometry of the FE model was generated following a typical natural valve geometry 
parameters [1].  Our polymeric aortic valve model is composed of a stent with diameter 
of 23mm and thickness is 1.0mm.  The three leaflets have a uniform thickness of 0.1mm 
which is larger than the thickness of the actual AV (0.08mm) because of glued layers of 
markers that increased their effective thickness in the experimental studies, Leo et al. [59-
61].  The FE model consisted of nonlinear higher order shell elements with transverse 
shear deformation capability, Fig. 2.4.  A typical FE model consisted of about 15,000 
elements.  Mesh convergence study was performed to reach this optimal level of mesh 
refinement.  The total number of model variables was about 50,000. These include nodal 
degrees of freedom, Lagrange multipliers and other constraints.  The triangular shell 
elements were used with large deformations for both rotation and in-plane modes coupled 
with nonlinear material behavior.  Nonlinear shell elements were chosen for our AV 
models because of the soft tissue of AV that undergoes large membrane and bending 
effect, De Hart et al. [19].  The kinematics boundary conditions included fixed nodal 
degrees of freedom (DOF) at the bottom ring.  The coupled interaction between fluid and 
AV surface is achieved indirectly by using the transvalvular pressure from the 
experiments.  The applied time-dependent pressure profile is computed from the average 
of 10 repeated in-vitro experiments as shown in Fig. 2.5.  The smooth average pressure 
profile mitigates the experimental scatter around t=0.3 sec applied in the quasistatic FE 
model.  The experimental pressure scatter can be explained by the bounding and vibration 
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Nonlinear elastic multi-axial stress-strain constitutive model was used with deformation 
plasticity to model the polyurethane material properties of the polymeric leaflets.  The 
formulation for the isotropic deformation theory of plasticity can be found in several 
references on continuum theory of plasticity, e.g. Khan and Huang [69].  The material 
model was calibrated using the uniaxial test results from Alferiev et al. [70].  The 
material is considered as nonlinear isotropic.  Figure 2.6 describes the nonlinear uniaxial 
stress-strain response both of the experiment and the fitted Ramberg-Osgood uniaxial 
formula given in the figure.  This calibration is needed in order to use the multi-axial J2 
plasticity material model.  Because the stent is much stiffer than the leaflets and it is not 
expected to have a nonlinear material response, it is considered elastic and linear with 
elastic stiffness of 60 MPa and Poisson ratio is 0.3.   
Experimental Values for Polyurethane
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Figure 2.6 Comparison of Ramberg-Osgood uniaxial curve for the polyurethane 
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2.4 Analytical Results and Verifications 
We first provide the results of our structural simulation of the Aortic valve system 
loaded physiologically from the transvalvular pressures measured in vitro. Following this, 
we present quantitative validation of the structural model by comparing kinematic 
measures between the simulation and experiments. 
The simulation results of the AV model were compared to the leaflet 2D deformation 
recorded using a high speed camera positioned in the upstream direction throughout the 
cardiac cycle of the in vitro experiments.  Figure 2.7 summarizes the results at five major 
time intervals during the cycle.  The left side column of figures includes those from the 
experiment while the other three columns of figures are taken from the simulation steps at 
the corresponding phases of the cardiac cycle.  These are selected deformed shapes 
obtained from the FE simulations during opening and closing positions. The Von Mises 
stress metric is used to describe the scalar magnitude of the multi-axial stress state and is 
presented in the third column in Fig. 2.7.  This is an appropriate choice of a stress metric 
due to the isotropic material of the polymeric leaflets.  Maximum principal logarithmic 
strain was also chosen as a deformation metric due to its accuracy to describe large 
deformation compared to other strain measures.  Figure 2.7 provided a sequence of 
predictive results for five major time intervals during the cycle comparing the experiment 
with deformed shapes obtained from the FE.  As can be seen, the predicted kinematics of 
the model is in good agreement with the in vitro experimental images.  In particular, 
similar contact features between the closed leaflets were noted in the predicted deformed 
shapes.  This can only add to the confidence in the results for the predicted stress and 
strain deformations since the applied loads are independently taken from the experiments 
while the model kinematics are used to confirm the FE predictions.  Figure 2.8 isolates 
the deformation states at fully open and closed positions. It highlights the maximum 
stress and strain values at those states.  We use both maximum principal stress and the 
Von Mises metrics because while Mises can indicate the net magnitude of the stress, it 
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does not distinguish between tension and compression.  When the AV is closed during 
diastole, a more spatial distribution of stresses is shown in the leaflets including 
contribution from other stress components occur to form a multi-axial stress state.  The 
top middle areas of leaflet edges (at the coapting area) show relatively high local stress 
and strain values due to stretching effect under systole.  During diastole, high stress and 
relatively low strain values are present at the bottom stent post.  The reason for the higher 
stresses is due to the larger stiffness of the stents compared to the leaflets.  The peak Von 
Mises stress value in the fully opened position is 2.36 MPa and is located in the leaflet 
near the top edge of the stent post.  In the fully closed position, the peak stress value in 
the leaflet is 1.15 MPa around the same location.  Peak maximum principal stress value 
in the fully open position is 2.70 MPa similar to Von Mises stress.   Maximum principal 
logarithmic strain shows similar distributions to the maximum principal stresses for both 
opening and closing process in terms of locations.  Peak strain value in the fully opened 
and closed position is 0.39 and 0.2, respectively. During both systole and diastole, high 
stresses are present at the leaflet edges along the interface with the stents.  The maximum 
principal stress metric, Fig. 2.8, and the Von Mises metric values are comparable in the 
open case which can be explained due to the expected predominant axial tensile states of 
stress in the leaflets.  However, the reason for using both stress metrics is that while 
Mises can indicate the net magnitude of the stress, it does not distinguish between tension 
and compression.  In the closed position, a more distribution of stresses both spatially and 
including more contribution from other stress components occur to form a multi-axial 
stress state.  Stress concentration present at the leaflet edges is also due to the stiffness 
difference at the interface between the stents and leaflet.  During diastole, high stress and 
low strain values are shown in the leaflets and in the stents with smaller magnitudes.  
This may indicate the need to account for the stress states in the stent and bottom rings of 
AV structure despite their minimal deformations.  The latter are often neglected in the 
literature.  The high values of maximum logarithmic strains, around 39% (open) and 20% 
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(closed), justify the nonlinear geometric modeling using both large rotation and large 














    
   
   
   
   
Figure 2.7 Comparison of the in vitro leaflet motion with the FE structural model of the 
cardiac cycle, along with the 2D Von Misses stress and Logarithmic strain showing 
localized stress concentration during the cardiac cycle 
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Figure 2.8 Von Mises stress, maximum principal stress, and logarithmic strain values and 























Figure 2.9 shows the first three distance measures from the image processing of the 
experiment compared with the model prediction for the full cardiac cycle.   The three FE 
distance measures are identical because the FE model is fully symmetric.  The most 
pronounced kinematic changes at the structural level occur during systole.  The 
quasistatic model predictions for the distances during diastole are uniform because the 
AV is in closed position and the first three kinematic metrics are relatively constant.  We 
therefore focus on comparing the kinematic metrics during systole.  Figure 2.9 shows 
good agreement with the test results indicating the predictive capability of the FE model 
for the first three deformations metrics, D1, D2, and D3 respectively, with maximum 
error levels around 10%.  The experimental results indicate a gradual opening perhaps 
because of decreasing negative pressure towards systole state.  This effect was not 
captured using our static FE model subject to uniform smoothed averaged pressure from 
several experiments.  Figure 2.10 shows the experimental values of the first three 
deformations metrics, D1, D2, and D3 respectively, compared with the FE results 
presented in the solid line.  The experimental values were taken from one of the ten tests 
performed, because only one set of high speed camera images were taken during the tests.  
Due to the symmetry of the FE model, the same distances are calculated for the first three 
distances as well as the second group of SPTSP distances.  Figure 2.11 illustrates the 
SPTSP measures for the entire cardiac cycle.  Figure 2.12 shows the other SPTSP 
measures compared to the FE model for systole.  It is interesting to note that the SPTSP 
distances remain constant (no deformation) for the majority of the cardiac cycle.  
However, these distances do change indicating stent deformations starting at the time 
before valve closing where the leaflets are full opened and fully stretched.  In addition, at 
the fully closed position, the stents’ distances have reached the lowest magnitude due to 
bending of the stents. In addition, the model shows similar accuracy in predicting the 
second group of deformation metrics in Fig. 2.12.  It is interesting to note that the 
distances remain constant (no deformation) for the majority of the cardiac cycle.  
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However, these distances do change indicating stent deformations starting at the time 
before valve closing where the leaflets are full opened and fully stretched.  The slope of 
the distances, D4 to D6, during the transition from systole to diastole, is matched from 
results in Fig. 2.11. The stents’ distances, during diastole, have reached the lowest 
magnitude due to bending of the stents as the AV closes.  The results also show a non-
rigid deformation of the stents during diastole and need to be accounted for in the design 
and stress analysis.  Our model shows accurate results during systole and acceptable 
results (maximum difference about 15%) during diastole for the D4 to D6 metrics.  This 
can be explained due to difference in the assumed wall stiffness in the FE model and to 






















Figure 2.9 Image processing of the first group of three quantitative measures of the leaflet 
deformation during the cardiac cycle; comparing the FE predictions with the 

























Figure 2.10 Image processing of the first group of three quantitative measures of the 
leaflet deformation during systole; comparing the FE predictions with the experimental 






















Figure 2.11 Image processing of the second group of three quantitative measures of the 
SPTSP deformation during cardiac cycle; comparing the FE predictions with the 
experimental values.  The FE results are fully symmetric and identical for the three 























Figure 2.12 Image processing of the second group of three quantitative measures of the 
stent deformations during systole measured by stent post-to-stent post (SPTSP) relative 
distances and comparing the FE predictions with the experimental values.  The FE results 
are fully symmetric and show identical three SPTSP measures. 
  
The AV quasistatic structural model with applied transvalvular pressure generated 
relatively accurate results for the overall structural responses measured by the selective 
kinematic displacements with maximum errors around 10% especially during systole 
where the displacements have higher values.  In the diastole range, the displacements are 
minimal while the deformations (displacement gradients) are larger.  The proposed 
kinematic metrics are somewhat less sensitive because they are first-order type metrics 
(total displacements) and not sensitive to the local gradients.  In that sense, they are 
structural level overall metrics.  Local responses such as strain and stresses are very hard 
to measure and may require highly refined and coupled FSI models.  The approach taken 
in this study is to avoid coupled FSI modeling.  Instead, we aimed at answering the 
question:  can the FE nonlinear structural models resolve overall deformation and 
kinematic responses of the AV given the transvalvular pressure profile?  The answer 
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seems to be positive especially in finding the global deformation metrics chosen.  
However, there is a need to verify the proposed structural modeling at localized areas 
where stress concentration can occur.  This is an open question and beyond the scope of 
this study. 
2.5 Diseased Valve Simulations using Polymeric Heart Valve FE model 
Calcification of the prosthetic heart valves is still one of the most common 
problems even after decades of prosthetic heart valves development.  The mechanism of 
calcification on the polyurethane aortic valve leaflet can be explained from the deposition 
of calcium prosphate where cellular matter and thrombotic debris are present on the 
leaflet surface [56].  Another explanation of the calcification on the polymeric valve is 
that calcium ion is synthesized on the leaflet surfaces once contacting with polyether soft 
segments [56].  The aortic valve calcification can be categorized by three types 
depending on the calcified area, Thuburikar [1], as shown in fig. 2.13(a), (b), and (c).  In 
the earliest calcification stage, the calcific deposit starts from the cusp attachments and 
spreads along the coaptation, as illustrated in fig. 2.13(a). This is called coaptation 
pattern.  The radial pattern, as shown in fig. 2.13(b), is the state when calcification 
spreads toward the belly region starting from the leaflet attachment. Figure 2.13(c) 
illustrates a combined status of coaptation and radial pattern.   
In this section, the three types of calcified aortic valves are modeled and 
simulated under the cardiac pressure to examine the mechanical behavior of the diseased 






   
(a) (b) (c) 
Figure 2.13 Patterns of calcified aortic valve leaflet (dark area) adopted from 
Thubrikar [1]; (a) coaptation pattern, (b) radial pattern, and (c) a combination pattern of 
(a) and (c) 
 
 The FE models for the calcified leaflet are generated by selecting calcified area 
according the calcific patterns.  As seen from figures 2.14(a), (b) and (c), red marked 
areas represent calcifications.  Coaptation pattern (a) and radial pattern (b) has calcified 
area of approximately 30% and 50% of a leaflet surface, respectively.  Calcified area for 
pattern (c) is about 45 % of one leaflet area.  Detail information of mechanical and 
material properties of calcified leaflet is not currently available.  Instead, it is well known 
that calcified area is thicker and more brittle than the normal leaflets [1].  In the proposed 
FE, the selected area for calcification is modeled as multiple layers containing polymer 
and calcification layer.  Perfect bonding between polymer and calcification layer is 
assumed.  For the calcified layer, 1mm thickness is assumed.  For the material properties, 
same elastic stiffness as leaflet is applied, but no plastic behavior is considered.  The 
calcification is modeled on the aortic side of one leaflet surface and other conditions such 
as boundary, loading, and contact formulations remain same as normal aortic valve 









Figure 2.14 FE models including three different calcification patterns (red area)  
 
Figure 2.15 illustrates deformed shapes of aortic valve FE models at selected time 
frames comparing normal and calcification aortic valves.  The calcified aortic valves do 
not fully open due to the stiffened leaflet during systole.  This mechanism shows how the 
lack of blood flow occurs during systole for the case of aortic valve calcification. As 
aortic valve closes, the calcified leaflet tends to press other two normal leaflets toward 
ventricular side.  This is because the calcified leaflet is much thicker and stiffer than 
normal ones, so cannot be closed and deform as much as other normal leaflets do during 
closing.  From calcified aortic valve simulations, it can be predicted that the larger area of 
calcified leaflet is exposed to diastolic pressure because the leaflet is in flat shape, and 
other two leaflets undergo more flexion which can cause more calcifications [71].  The 
deformed shapes between different calcification patterns are not significantly different 
from downstream view.   
In figure 2.16, maximum principal stresses of normal and calcified aortic valves at 
fully opened and closed positions are examined.  At fully opened position, the stress 
concentration is predicted on the calcified leaflet along the boundary between 
calcification and normal area.  In addition, coaptation region of the calcified leaflet 
undergoes high stresses while it doesn’t happen in normal leaflets.  Relatively less stress 
concentration is observed on the calcified leaflet belly area from radial pattern (b) than 
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pattern (a) and (c). This may be because the leaflet belly region, where bears most of the 
load, isn’t covered by calcification for the case of radial pattern (b), therefore the 
calcified leaflet is still able to deform and absolve the energy as pressure applies.  At the 
fully closed position, the leaflet attachment area on the calcified leaflets shows less stress 
than the normal leaflets.  This is because the calcified leaflet attachment area becomes 
stiff, thus, doesn’t stretch a lot under cardiac pressure.  On the other hand, normal leaflets 
as well as aortic wall of the calcified aortic valve undergo larger stress compared to the 
normal aortic valve components.   
From the three dimensional deformed shapes, there are not much difference in 
deformed shapes between pattern (a) and (c), while radial pattern (c) shows more flexion 

















Figure 2.15 Deformed shapes from normal, calcified aortic valve FE models at 



























Figure 2.16 Maximum principal stress contours on 3D deformed shapes of normal, 
calcified aortic valve FE models at fully open and closed positions.  The lower left 






CONSTITUTIVE MODEL FOR NATIVE AND BIOPROSTHETIC 
AORTIC HEART VALVE LEAFLET TISSUES 
  
 This chapter proposes a new computational modeling approach for native and 
bioprosthetic aortic heart valve leaflet tissues, such as human and porcine aortic valves, 
and bovine pericardium.  These tissues are known as hyperelastic and anisotropic 
materials due to its material constituents of collagen fibers and elastin.  In order to predict 
highly nonlinear and anisotropic material behaviors, composites consisting collagen fiber 
bundles and elastin matrix are modeled.  A new constitutive model is proposed to obtain 
stress-strain relationships for the collagen fibers and elastin matrix from the overall 
structural behavior.  The proposed constitutive model is calibrated using the existing 
uniaxial tension test data [3].  Comparing to the existing constitutive models proposed by 
Holzapfel et al. [37-39, 41-42], our proposed model is able to easily capture anisotropic 
behavior of porcine aortic valve leaflets without causing convergence problems.  The 
proposed method in this chapter allow us to predict micro scale mechanical behavior of 
living tissues in a component level as well as macro scale behavior of overall structures. 
 In the first two sections, structures of native and bioprosthetic aortic valve leaflet 
tissues and general constitutive models for hyperelastic materials are introduced. A new 
constitutive model is developed and in-situ calibration models are presented in section 3 
and 4, respectively.  In the last section, calibrations of the proposed numerical method are 
performed and compared to the Holzapfel’s model.    
3.1 Native and Bioprosthetic Aortic Heart Valve Leaflets  
The native aortic heart valve has three unsymmetrical leaflets, identified as non-
coronary, right and left coronary leaflets [3].  Statistically measured, right coronary 
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leaflet is the widest, and left coronary leaflet has the largest distance in radial direction 
[1].  The thickness of human aortic valve leaflet varies from 0.25 to 1.3mm [72], 
however, constant leaflet thickness between 0.4-0.5mm is often assumed in the 
previously reported stress analyses [15, 72-73].  The leaflets remain in folded shapes 
under zero pressure due to the combined action between fibrosa and ventricular layers.  
The major components determining the structural behavior of the leaflet are known as 
collagen fibers and elastin.  Since the collagen fibers play a major role in the structural 
behavior, the geometries of collagen fiber networks such as fiber angles can be an 
important factor in the computational modeling.  In order to capture collagen fiber 
networks in the leaflets, porcine aortic valve leaflet images are taken using a digital 
microscope (Dino-Lite AM311ST) with magnification factor of 10x after 24 hours of 
fixing, Figure 3.1. The leaflets are preserved in a fixed state using 0.5% gluteraldehyde 
solutions after fresh porcine aortic valves are cut from the local slaughters house.  The 
overall geometries and material components of human and porcine hearts are very 
similar; however, stress-strain relationships for the aortic valve leaflets are slightly 
different [13].  Two leaflets shown in the figure 3.1 are extracted from the same aortic 
valve, however, their configurations and collagen fiber networks are not exactly identical.  
Generally speaking, collagen fiber bundles start from commisure or leaflet attachment 
area continuously and run to the leaflet belly area.  The leaflet belly area shows the 
highest collagen fiber density among other area, while there are relatively less fibers 
observed on the coaptation area.  Fiber bundles are more obviously aligned with certain 
fiber angles on the commisure area, while existing as lumped form on the belly area.   
As observed from the microscopic images, the AV leaflets are not only fiber 
reinforced structures, but highly heterogeneous body.  Therefore, a new structural and 
material model that can represent heterogeneity as well as anisotropy is needed for 
accurate prediction of the AV leaflet behaviors.   
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Figure 3.1 Porcine aortic valve leaflet images taken from Dino-Lite AM311ST digital 
microscope showing heterogeneity and anisotropy of the porcine aortic valve leaflets 
(magnified with 10x)  
 
3.2 Constitutive Material Models 
Using strain energy functions is widely known approach for predicting 
mechanical behavior of hyperelastic materials such as living tissues.  Different strain 
energy functions for hyperelstic materials have been proposed by Mooney-Rivlin, Yeoh, 
Arruda-Boyce, Van der Waals, Ogden, Neo-Hookean, and Fung, as shown in Equations 
from 3.1 to 3.7.     
 
Mooney-Rivlin : ( ) ( ) ( )2el
1
201110 1JD
13IC3ICU −+−+−=  
where, Īi are invariants of left Cauchy-Green tensor. 
           Ci and Di are material parameters.  
           Jel is elastic volume strain. = J /Jthermo  
           J is volumetric changes. 
















13ICU  (3.2) 
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Arruda-Boyce : ( ) ⎟⎟⎠⎞⎜⎜⎝⎛ −−+−= ∑= elel251i i1i2-2imi Jln 2 1JD13IλCμU  
                C1= 2
1 , C2= 20
1 C3=1050
11 ,  C4= 7000
19 ,  and  C5= 673750
519  
                A typical value of λm is 7 and µ=(1/1.0125)µ0, where µ0 is    
                the initial shear modulus. 
(3.3) 
 
Van der Waals: 








































            where, 0.0 ≤ β ≤ 1.0, µ is the initial shear modulus, and λm is  



























               where, λi are the principal stretches, µi and αi are  
               coefficients. 
(3.5) 
 
Neo-Hookean : ( ) ( )2el
1
110 1JD
13ICU −+−=  (3.6) 
Fung :  ( )1)Qexp(C
2
1U −=  
















Since formulations described above are only able to represent isotropic material 
behavior, a more sophisticated modeling approach using anisotropic hyperelastic model 
has been proposed by Holzapfel et al. [41, 74, 75].  The elastic anisotropic strain energy 
function can be expressed as a combination of isotropic and anisotropic terms: 
anisoiso WWW +=  (3.8) 









13IcW  (3.9) 
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( ) ⎭⎬⎫⎩⎨⎧ −⎟⎠⎞⎜⎝⎛= 1Ekexp2kkW 2221aniso  (3.10) 
where, c1, D, k1, and k2 are material parameters.  And, Ī1 is the first invariant of the 
distortion part of the right Cauchy-Green tensor,C , and Jel is the elastic volume ratio.  
The deformation of the fiber with mean direction, Ē , and is defined as: 
( ) ( )( )1I3κ13IκE 41 −−+−≡  (3.11) 
Where, A:CI4 =  (3.12) 
where,  κ is material parameter and Ī4 is the pseudo-invariant determined from C  and A.  
And A is the tensor product of {a}. The latter is a unit vector representing the orientation 
of the collagen fiber aligned with the angle of β.   
aaA ⊗=  (3.13) 
where, {a} = {0 cosβ sin β}T (3.14) 
The Holzapfel’s model has been applied for predicting structural behavior of 
various arteries and verified with experimental results of circumferential and axial 
stretch-pressure relationships [37, 38, 41].  Compared to the arteries, aortic valve leaflet 
behavior has bending involved and larger difference between circumferential and radial 
directional stress-strain relationship, therefore, a new modeling approach for the aortic 
valve leaflets is proposed in the following section.  
3.3 General Formulations for Hyperelastic and Anisotropic Materials 
In this section, stress-strain relationships for collagen fiber and elastin are derived 
from the effective stress-strain relationships in circumferential and radial directional.  
Figure 3.2 a schematic drawing of a unit cell model containing collagen fiber and elastin 
matrix.  It is assumed that elastin and collagen fibers are isotropic and hyperelastic.  The 
rule of mixture is used where the collagen fiber and the elastin are assumed to have 
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decoupled one-dimensional response along the axial (circumferential) fiber and the 
radial directions.     
The effective circumferential and radial directional stresses, obtained from the 
uniaxial tension tests, can be expressed as functions of effective strains: 
( )ccc f ε=σ  (3.12)
( )rrr f ε=σ  (3.13)
where, σ  and ε  represent effective stress and strain, respectively, and  subscripts c and r 
represents circumferential and radial direction, respectively.  The objective is to back 
calculate (inverse problem) the unknown in-situ response of the collagen and elastin 
nonlinear functions from the given test data in the form of fr( rε  ) and fc( cε  ).  Under 
uniaxial stretch in the circumferential direction, the collagen and elastin strains are 
assumed to be equal to effective (average) circumferential strain, cε .  Similarly, radial 
stresses of collagen fiber and elastin are equal to the effective radial stress when the unit 










r σ=σ=σ  (3.15)
The corresponding conjugate effective stress in the circumferential direction and 
the effective strain in radial direction can be written as: 





r1 εεvεv =+  (3.17)
where, v1 and v2 represent volume fraction of elastin and fiber, respectively. 
Assuming that each material constituent is isotropic and using Eq. (3.14), the stress-strain 
relationship of elastin in circumferential direction has the same relation as in the radial 
direction: 
( ) ( )cr(1)cr(1)c εfεfσ ==  (3.18)
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Substitution of Eq. (3.18) into Eq. (3.16) becomes: 
( ) ( ) (2)c2cr1cc σvεfvεf +=  (3.19)
Finally, circumferential stress-strain relationship for collagen fiber can be 
expressed as a function of effective strain, cε  , as: 
( ) ( )[ ] 2cr1cc(2)c vεfvεfσ −=  (3.20)
This derivation enables to model collagen fiber and elastin separately by applying 
stress-strain relationships of each material component accordingly.  Each material 
behavior is isotropic and hyperelastic: therefore, an existing strain energy function for 
hyperelastic materials can be used.  In this study, Ogden model is chosen, because it is 








(r) radial direcion  
Figure 3.2 A microscopic image of porcine aortic valve leaflet and micromechanics 
model with simplified elastin and collagen fiber 
 
3.4 In-situ Calibrations Modeling 
The collagen fiber network (CFN) modeling approach explicitly recognizes the 
collagen fiber and matrix as separate finite elements with their own individual 
hyperelastic material parameters.  This allows to model the explicit localized interaction 
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between those materials and account for stress concentrations without smearing or 
averaging as done by homogenized nonlinear anisotropic material models.  The elastin 
medium is simulated using shell-based elements whereas the collagen fibers are meshed 
within the elastin with beam elements sharing the same nodal points and have different 
material parameters that are calibrated using the previously derived equations for the rule 
of mixture type relations. The procedure is repeated for different zones “windows” within 
the leaflet such that each area has its own CFN configuration with different CFN 
properties (volume and orientation).  Towards that, strip sections defined by Missirlis and 
Chong [3] with the corresponding collagen fiber networks extracted from the microscopic 
images (Figure 3.2) are modeled as their own in-situ models.  The material properties for 
the collagen fiber and elastin are obtained from the uniaxial tension test results [3] using 
the Eqs. (3.12) to (3.21).  The calibrated CFN model from one region of the leaflet is then 
used to predict the tested responses of other leaflet regions having different collagen fiber 
volumes and orientations.  The fiber volume fractions at different leaflet locations are 
determined by best matching the overall responses while keeping the elastin and collagen 
material parameters fixed.    The resulted fiber volume fractions at different leaflet 
locations are from 0.5 to 0.8.   
Figures 3.3(a) and (b) illustrate leaflet section identification that Missirlis and 
Chong[3] used for circumferential and radial uniaxial tensile experiments, respectively.  
In our study, the leaflets are divided into four sections in radial and three sections 
circumferentially, Figure 3.3(c).  The uniaxial tension test results by Missirlis and 
Chong[3] corresponding to different leaflet locations identified in this study are shown in 
the figure 3.4.  The collagen fiber networks are modeled such that collagen fiber bundles 
in middle strip sections are mostly aligned in horizontal direction, whereas left and right 
section strips have fiber angles of 5-10 degrees from the horizontal line.  Collagen fiber 
networks for the each strip section generated for the in-situ models are illustrated in Table 
3.1   Four node shell elements that can undergo large membrane and bending effect and 
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linear beam elements were used to generate elastin matrix and collagen fiber models, 
respectively.  Results from in-situ calibration models for seven different leaflet locations 
are illustrated in Figures 3.5(a) to (g).  The effective circumferential and radial stress-
strain curves from the in-situ models are compared to existing experimental data [3] and 
shows good agreements.  Collagen fiber volume fractions of the in-situ models decided 














          
(a)                                                 (b)                                            (c) 
Figure 3.3 A leaflet strip section identifications used (a) for circumferential directional, 
(b) for radial directional uniaxial tension test data reported by Missirlis and Chong 


















(c) - 2M (r) - 2M
(c) - 3M (r) - 3M
(c) - 4M (r) - 4M
(c) - 1L (r) - 1L
(c) - 2L (r) - 2L
(c) - 3L (r) - 3L
(c) - 4L (r) - 4L
 
Figure 3.4 Stress-strain relationships of different leaflet locations adopted from uniaxial 
tension test results reported by Missirlis and Chong [3] 
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Table 3.1  Collagen fiber networks generated within the in-situ CFN models  
Leaflet ID 1L 2L 3L 4L 
Collagen fiber 
networks     
Leaflet ID 2M 3M 4M  
Collagen fiber 





















                                                        (a) 
Figure 3.5 (a)-(g) Stress-strain relationships from the proposed in-site CFN calibration 
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Figure 3.5 continued 
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Table 3.2 Fiber volume fractions resulted from the CFN model calibrations 
3.5 Comparisons to Other Existing Constitutive Model 
In this section, the proposed CFN model is compared to the hyperelastic and 
anisotropic homogeneous material model proposed by Holzapfel et al. [41, 74, 75].  In 
order to do so, the latter material model is calibrated, with the same experimental results 
used with the CFN model.  The nonlinear parameters for Holzaphel anisotropic model 
that best fit the experimental results are: c1=3.0kPa, D=10-7 kPa-1, k1=70.7kPa, and 
k2=90.9.  The material parameters of κ and fiber orientation angles are varied depending 
on the strip section, as shown in Table 3.3.  Figures 3.6(a)-(n) shows the stress-strain 
curves of the proposed CFN and Holzapfel material models that are compared with the 
uniaxial tension test results for different areas of the leaflet.  From figures 3.6, It is shown 
that Holzapfel material model is able to capture the overall anisotropic behavior of the 
leaflet tissue and shows good agreements with the experimental data especially on the 
strips 1L, 2L, 2M, 3M, and 4M, where collagen fibers are aligned in parallel. On the 
other hand, it is relatively hard to show good agreements with the experimental data 
when collagen fiber angle changes within the in-situ model, as seen Figure 3.6(e), (f), (g), 
and (h).  In fact, Holzapfel model shows the better performance in the structural 
simulations of arteries [38], which has a constant fiber angle within each artery layer and 
the difference of mechanical behavior between circumferential and axial directions is not 
as much as in circumferential and radial directions in the AV leaflets [38,42].  The 
existing test data reported by Biliar and Sacks [76] is also used to calibrate the proposed 
CFN and Holzapfel model under biaxial stretch as illustrated in Figure 3.7.  Only fiber 
volume fraction is changed in the in-situ parameters of the proposed CFN model.  The 
geometries and material properties for collagen fiber and elastin remain same as 
Leaflet ID 1L 2L 3L 4L 2M 3M 4M 
Fiber Volume Fraction 0.6 0.7 0.7 0.8 0.5 0.6 0.5 
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previously determined.  New material parameters are used for the Holzapfel model.  
These are: c1=1.0kPa, D=10-7kPa-1, k1=1.3kPa, k2=8.2, and κ=5.e-5.  For the proposed 
CFN model under biaxial tension, geometries and material properties for collagen fiber 
and elastin remain same as in-situ models, but fiber volume fraction of 0.675 is used.  
Both Holzapfel and the proposed CFN models are in good agreements with the biaxial 
test data performed on the center of fresh porcine aortic valve cusp (thickness of 
0.466mm) [76].     
 
Table 3.3 Material parameters used for the Holzapfel model calibrations 
Leaflet ID 1L 2L 3L 4L 2M 3M 4M 
Κ 0.23 0.23 0.24 0.24 0.23 0.24 0.24 




















(c) - proposed CFN model
(c) - Holzapfel model [41, 
74, 75] 
(c) - experiments by 






Figure 3.6 (a)-(n) Uniaxial stress-strain relationships obtained from in-site model using 
the proposed CFN model compared to the material model by Holzapfel et al. [41, 74, 75] 
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(r) - experiments by Missirlis 
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(c) - proposed CFN model
(c) - Holzapfel model [41, 
74, 75] 
(c) - experiments by 
Missirlis and Chong [3]
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(r) - proposed CFN model
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(r) - experiments by 





















(c) - proposed CFN model
(c) - Holzapfel model [41, 
74, 75] 
(c) - experiments by 
Missirlis and Chong [3]
 
(e)     
Figure 3.6 continued 





















(r) - proposed CFN model
(r) - Holzapfel model [41, 
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(r) - experiments by 
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(c) - proposed CFN model
(c) - Holzapfel model [41, 
74, 75] 
(c) - experiments by 
Missirlis and Chong [3]
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(r) - experiments by Missirlis 
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(c) - proposed CFN model
(c) - Holzapfel model [41, 
74, 75] 
(c) - experiments by 





(i)        
Figure 3.6 continued 
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(c) - experiments by 
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Figure 3.7 Biaxial stress -strain relationships obtained from in-site model using the 
proposed CFN model compared to the the material model by Holzapfel et al. [41, 74, 75]  




IN-VITRO EXPERIMENTS FOR THE DEFORMATION 
RESPONSES OF PORCINE AORTIC HEART VALVES  
  
 The in-vitro experiments are reported in this chapter for the deformation 
measurements of porcine aortic heart valves.  A new experimental setup is designed in 
order to hold the aorta along with its aortic root in a fixed position without interrupting 
aortic valve leaflet motion.  This setup is designed and built within a flow loop including 
a steady and pulsatile flow.  The former flow loop is mainly used to observe the direct 
static relationships between the deformations of the leaflets subject to prescribed 
pressure.  The latter is used to measure the kinematics of the leaflets under realistic 
prescribed physiological conditions.  In order to quantify the leaflet motions, markers are 
placed on the ventricular side of the leaflet surfaces that their motion is recorded using 
two high-speed cameras.  The latter are located at the ventricular side taking upstream 
images of the aortic valve motion during the flow cycle.   Two post-processing 
techniques are employed to post-process the motion of the markers and generate 
deformation metrics of the leaflets’ tissue.  The first technique has been well reported in 
the literature and follows the assumptions of Sacks et al. [81]. 
 The second technique is using a direct FE shell-based mesh where by the 
measured displacements of the markers are imposed on the mesh using Lagrangian and 
Hermitian elements in their perspective spatial locations.  The experimental results of 
stretch-pressure curves are able to show the leaflet kinematics at different spatial 
locations.  These measurements are used to verify the computational models of the AV in 
the next chapters.  
 The methods of experiments including valve mounting, steady flow loop and 
pulsatile flow loop test setup are described in the first three sections of this Chapter.  The 
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post processing methods to calculate leaflet stretches from the high speed camera images 
are explained in the first Section.  In the last Section, test results in the form of leaflet 
stretches with respect to the applied pressure are presented. 
4.1 Aortic Valve Mounting System  
A new aortic valve mounting system was designed and fabricated in order for 
placing the aorta in a rigid frame without altering the leaflet motion under physiological 
conditions.  Figures 4.1(a) and (b) illustrate the frame setup including a plastic casing, 
two metal rings and four threaded rods.  Plastic casing was fabricated from an acrylic 
tube allowing optical access, while other parts are made from stainless steel for durability 
and biocompatibility.  Fresh porcine hearts were harvested from a local slaughterhouse.  
The adult pig population was between 12 and 24 months old.  After the aortic valves 
including aorta and roots were extracted from the hearts, the aortic roots and excessive 
tissues around the valves were trimmed, and the coronaries were closed by suturing to 
prevent leakage.  In order to avoid initial stress/strains caused by stretching the valve to 
suture onto the metal rings, only aortic valves with close geometry and size to the 
metallic rings were selected for testing.  The trimmed aortic root and aorta were sutured 
onto two metallic rings having an inner diameter of 1 inch.  The outer diameter of these 
rings is 2.3 inch.  The metallic rings were connected by four threaded rods equally placed 
along the circumference, keeping the distances between rings fixed by bolts placed 
between rods and the rings.  The assembled aortic valve ring was inserted into the plastic 
casing as shown in figure 4.1(b) and tightly fitted to the plastic casing; therefore, whole 
mounting system becomes a rigid frame.  Neoprene sheets, seen in black in figure 4.1(a) 
and (b), are placed between metal rings to avoid fluid leakage from the inner aorta to the 
outside of the aorta.   
In order to track leaflet motions, markers are placed on the ventricular side of the 
leaflets, as shown in figure 4.2.  Since two high speed cameras cannot capture all leaflets 
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during valve opening and closing, only two larger leaflets are selected for marker 
tracking process.  Approximately 40-50 dots with an array of 8 x 6 are marked on the 
middle section of each leaflet using “Indian” ink (Black Tissue Marking Dye, 
Thermoelectron Corporation, Pittsburg, PA).  The intervals between the dots are about 
1mm and the diameter of the markers is within a range of 0.2mm-0.4mm. 
       
(a)                                                                    (b) 
Figure 4.1 (a) An assembled aortic valve rigid mounting system   (b) Aortic valve 





Figure 4.2 Mounted aortic valve with markers on two of its leaflets  
 
4.2 Steady Flow Loop 
The purpose of steady flow loop test is to correlate valve motion only to the 
pressure without considering dynamic effects.  This test setup is shown in Figure 4.3.  
Steady loop includes a reservoir, a check valve, a pressure gauge, a water heating system, 
a bucket, an aortic valve mounting system, a clear acrylic chamber, and two high speed 
cameras.  The reservoir is located at about 1.8m above from the aortic valve level to 
create enough hydrostatic pressure.  The loop is connected using ¾ inch PVC pipes and 1 
inch rubber hoses.  A check valve is used to release pressure by dropping water from the 
aortic side of the valve.  The water dropped from the check valve is heated to 37°C using 
water heater inside the bucket and sent back to the reservoir.  At the aortic side of the 
valve, pressure gauge (Type 041-500503A, Argon, Athens, TX) is located and connected 
to the computer recording pressure profiles.  The aortic valve mounting system is 
attached to the clear acrylic chamber by PVC threaded rods, which dimensions are 13 
inch wide and 14 inch height.  The clear acrylic chamber is used to provide better optical 
access for the high speed cameras.  At the end of the loop, two high speed camera (Basler 
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a504k, Basler Vision Technologies, PA) are located taking images every 2msec with a 
resolution of 1280x1023pixels (8bit gray-scale).  The high speed cameras are interfaced 
with an image capturing system (EPIX CL3SD, Buffalo Grove, IL).  From the reservoir 
to the aortic valve mounting system, ¾ inch PVC pipes and 1 inch rubber hoses are used 
to connect between devices.  The medium is Glycerin/H20 mixture with a volume ratio of 
40:60 to match with a kinematic viscosity of blood (3.5x10-6 m2/s) [61].  The medium is 
heated during the tests to maintain physiological temperature of 37°C.  Preconditioning is 
performed prior to recording leaflet motions and pressure profiles by applying and 
releasing static pressure for at least 5 times.  Leaflet motions and pressure profiles are 
recorded from the time when the check valve opens until pressure becomes zero.  
Pressure release rate is varied from 1.8mmHg/sec to 2.5mmHg/sec, because the check 
valve is operated manually.  The highest applied pressure is between 180 to 200 mmHg 
and the period of pressure decreasing time is between 80 and 100sec.   
 
Figure 4.3 Steady flow loop test setup  
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4.3 Pulsatile Flow Loop 
The purpose of pulsatile flow loop test is to examine aortic valve leaflet motions 
under physiological conditions of cardiac pressure profiles and blood flow.  Test setup is 
shown in Figure 4.4.  The GT Left Heart Simulator [79] is employed in order to mimic 
left side of the human heart system consisting of pulse generating and delivery system, 
and flow loop.  Pulse generating system includes a PC, a pulse generator (Model 56C-12-
111CA, MAC, Wixom, MI), an air compressor (Model T-2820P, Thomas, Detroit, MI), 
and a pneumatic board.  An air compressor delivers the compressed air to the pneumatic 
board which has one throttle valve and two pneumatic valves.  The length of cardiac 
cycle is controlled from the pulse generator interfacing with PC by opening and closing 
pneumatic valves on the pneumatic board [61].  Flow loop includes a reservoir, a 
resistance, a compliance chamber, a flow probe, two pressure gauges, a mechanical mitral 
valve, a bulb pump, and aortic valve system.  A reservoir is located at about 0.5m above 
from the aortic valve level.  A resistance is used to control flow.  Two compliances are 
placed in order to avoid oscillations and strokes: one is between aortic valve and 
reservoir, and the other is between bulb pump and the aortic valve.  The aortic valve is 
mounted in the same manner as in the steady flow loop, except that mechanical bileaflet 
valve is placed on the acrylic chamber playing a role of mitral valve in native left 
ventricle.  There are two pressure gauges (Type 041-500503A, Argon, Athens, TX) to 
measure aortic and ventricular pressures: one is located between aorta and flow probe and 
the other is on the acrylic chamber.  The pressure measuring locations are within 80mm 
from the aortic valve leaflets.  Flow rate is measured from an in-line flow probe (Model 
T108, Transonic Systems Inc., Ithaca, NY) located between compliance chamber and the 
aortic valve.  Two pressure gauges and a flow probe are interfaced with CardioMed 
Amplifier CM 4009 (Medi-Stim AS, Norway) and a volume flow meter (Model T108, 
Transonic Systems Inc., Ithaca, NY), respectively.  Data acquisition of pressure and flow 
rate is performed using a pulse program generating 500 data points per second.  A PVC 
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pipe with ¾ inch diameter, and 1-inch diameter rubber hoses are used to connect between 
the devices.  Two high speed cameras (Basler a504k, Basler Vision Technologies, PA) 
are located at the end of the aortic valve chamber, taking upstream images of aortic valve 
leaflets every 2msec with an resolution of 1280x1023pixels (8bit gray-scale) during tests.  
The high speed cameras are interfaced with an image capturing system (EPIX CL3SD, 
Buffalo Grove, IL).   
The medium is saline/water mixture with a ratio of 0.9%.  The saline water is able 
to not only keep the valve hydrated, but avoid damages to the valve tissues.  The flow 
loop has a heart rate of 70 beats/min and cardiac output of 5L/min.  The simulated aortic 
pressure for the normotensive condition is 120/80mmHg, while extreme aortic pressures 
representing hypertensive and severe hypertensive conditions are also used.  These are 
160/120mmHg and 190/150mmHg, respectively. 
 




4.4 Post-processing of Stretch Measurements 
Dual Camera Photogrammetry (DCP) is employed to quantify leaflet motions 
from the high speed camera images.  This technique has been successfully used to 
characterize the kinematics of the mitral valve leaflet in vitro [80, 81].  However previous 
methods used for leaflet kinematics have limitations such that the reference images were 
not used for the stretch/strain calculations and it was not clear how principal stretch/strain 
values were calculated from the given 3D coordinates of the markers.  Therefore, a new 
Matlab© code is written to post-process the high speed camera images and calculate 
leaflet kinematics accurately [82].   
Two high speed cameras record leaflet motions from two different locations every 
2msec for full two cardiac cycles, producing 860 images per camera.  The valve images 
are captured when the valve is released under zero pressure and used as reference image 
for the stretch/strain calculations.  From the valve images taken from two high speed 
cameras, arrays of markers in a square are chosen for marker tracking as seen in figures 
4.5(a) and (b).  Markers on the base region, even though the area is relatively small, can 
be seen from two camera views throughout the cardiac cycles.  However, most markers 
on the belly region cannot be seen when valve is open.  Therefore, 3x3 markers on the 
base region are chosen for marker tracking for whole cardiac cycle, while 4x4 markers on 
the belly regions are tracked only for diastole.  To resolve relative angles between 
cameras and correlate dimensions in the images to the actual sizes, a metal cube inserted 
into the valve is captured from two cameras, Figures 4.6(a) and (b).  The vertices of the 
cube are reference points for transformation to the 3D coordinate system and marker 
locations in an actual size can be calculated based on the known dimensions of the metal 
cube.   
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(a)                                                                     (b) 
Figure 4.5 An example of selecting markers to be tracked using the written Matlab© 
code. Sixteen dots within the red square are for marker tracking. : (a) and (b) are images 
simultaneously taken from two high speed cameras located at different positions. 
 
          
(a)                                                                     (b) 
Figure 4.6 An example of images of metal cube: (a) and (b) are images simultaneously 





A Matlab© code is written to extract locations of the selected markers in a 2D 
coordinate system from a set of high speed camera images and store them in arrays per 
image frame.  At this moment, locations are described as pixel format.  Then, 2D 
coordinates of the marker locations extracted from two camera images are converted into 
3D coordinates in its actual dimension using Direct Linear Transformation (DLT) method.  
DLT is a widely used method to calculate spatial locations of the objects taken from two 
or more cameras.  This method has been developed and applied to measure stretch/strains 
of the tissues such as mitral valve leaflets using dual high speed camera images [81].   
The 3D coordinates of tracked markers obtained from high speed camera images 
using DLT method are used to calculate stretch/strain of the leaflets.  Yap et al.[82] 
proposes stretch/strain calculation of the aortic valve leaflets using shell-based 2D 
isoparametric finite element shape functions inside the written Matlab© codes.  The 
shape functions are used to fit the surface geometry and cover the different groups of 
markers on the leaflets for interpolation.  For 3x3 markers on the base region and 4x4 
markers on the belly region, 9 node element with Lagrange interpolation and 4 node 
element with Hermitian interpolation function is used, respectively.  Lagrange element 
shape function needs only one term, ordinates, to fit a curve between nodes and doesn’t 
require continuity of the derivatives of the curve.  However, Hermitian interpolation 
functions use ordinates and slope information for curve fitting and requires continuity of 
the derivatives of the curve, therefore is capable of approximating higher order 
differential equations [84].  Metric tensors in a deformed and reference configurations, 
gγδ and Gγδ, are obtained from the shape functions using Eqs 4.1 and 4.2., then used to 
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The stretch/strain of the leaflets obtained using the high speed camera images and 
the written Matlab© code is verified by comparing to the stretch results calculated from 
commercial code, ABAQUS.  In order to do so, a set of high speed images captured from 
one of the pulsatile flow loop tests is selected, and 4x4 markers on the leaflet belly region 
are tracked using DLT methods.  Then, the 3D coordinates of the tracked marker 
locations are used as displacement prescription inside ABAQUS.  Maximum principal 
strains are examined both from the written in-house code and the commercial code, and 
plotted as illustrated from Figure 4.7.  The written in-house code underestimates the 
major stretch about 3% compared to the commercial code, and the differences of minor 
stretches from two different methods are within 0.1%.  Therefore, stretch calculations 
inside the written in-house code produces similar results to the widely used finite element 





















major stretch - from written Matlab© code
minor stretch - from written Matlab© code
major stretch - from ABAQUS
minor stretch - from ABAQUS
 
Figure 4.7 Principal stretches on the AV leaflet belly region as a function of time 
calculated from 4x4 marker locations using the written in-house code compared to the 
commercial FE code [74]. 
4.5 Experimental Results 
In this section, post-processed stretch results using high speed camera images 
capture from both steady and pulsatile flow loop tests are presented.  Figure 4.8 illustrates 
pressure-stretch curves of the steady flow loop tests.  Stretch results with relevant 
pressure profiles recorded from the pressure gauge are obtained from five fresh porcine 
aortic valves under steady flow loop, and average values with error bars are plotted.  4x4 
markers on the belly region are tracked and major and minor principal stretch values are 
calculated using 16 node element with Hermitian interpolation.  Error bar covers the 
differences in the stretch values depending on the tested valves, which appears larger in 
the major stretch compared to the minor stretch.  For the pressure of 140mmHg, major 
and minor stretch values are about 1.5 and 1.1, respectively.  Stretches remain same 
during most of the pressure decreasing, and drastically changes as pressure decreases 
lower than 40mmHg.  Figures 4.9 and 4.10 illustrate stretch results with respect to time 
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obtained from the pulsatile flow loop tests.  The former data is calculated on the belly 
regions of the leaflet using 16 node element with Hermitian interpolation, therefore, 
stretches only during diastole (occurs between 150 to 760 msec out of 860 msec of 
cardiac cycle) is available.  Leaflet base region is analyzed using 9 node element with 
Lagrange interpolation during full cardiac cycle, Figure 4.10.  As observed in the steady 
flow loop test results, major and minor stretches from pulsatile flow loop tests remain 
same for the most of diastole, and drastically changes in a short period of the time when 
pressure changes from diastole to systole.  In addition, larger variety between valves is 
observed in the major stretch rather than in the minor stretch.  The maximum major and 
minor stretches are occurred during diastole, which are 1.7 and 1.15, respectively.  The 
principal stretch values examined from leaflet belly and base regions during diastole are 
very close.  During systole, on the leaflet base area, maximum major principal stretch is 
about 1.4, while minor principal stretch appears to be less than one.  The major stretch on 
the base region under systolic pressure can be mainly due to the drag forces from fluid 
flow.  The major stretch during systole induces contraction in the minor direction by 






















Figure 4.8 Pressure-Stretch curves obtained from steady flow loop tests on the leaflet 






















major stretch minor stretch
 
Figure 4.9 Time-Stretch curves obtained from pulsatile flow loop tests on the leaflet belly 





















major stretch minor stretch
 
Figure 4.10 Time-stretch curves obtained from pulsatile flow loop tests on the leaflet base 





STRUCTURAL DYNAMIC ANALYSIS OF NATIVE AORTIC 
HEART VALVES USING A COLLAGEN FIBER NETWORK 
MODEL FOR HETEROGENEOUS LEAFLET MATERIAL 
  
 This chapter proposes a new multiscale material-structural dynamic simulation for 
the behavior of native heart valves under physiological conditions using a collagen fiber 
network (CFN) model for the heterogeneous leaflet material.  The new modeling 
approach allows accurate and refined representation of the leaflet anisotropic mechanical 
behavior by explicitly recognizing the collagen fiber bundles and elastin matrix.  Three-
dimensional aortic valve (AV) is modeled using shell based finite elements (FE) for the 
elastin and beam elements for the collagen fiber bundles.  Both elements have isotropic 
and hyperelastic material models with different material parameters.  The geometries of 
the CFN bundles are extracted from microscopic images taken using fresh porcine AV 
leaflets.  Material properties for the collagen fiber bundles and elastin elements are based 
on the in-situ calibrations presented in Chapter 3.  Full cardiac cycle of aortic and 
ventricular pressures measured from in-vitro experiments are applied to the aortic and 
ventricular side of leaflet surface in the multi-scale FE model, respectively.  Major and 
minor principal stretches of fresh porcine AVs during cardiac cycle are examined from in 
vitro experiments using dual camera photogrammetry (DCP).  These measurements are 
used for verification of the FE predicted kinematics of the AV structure.  The proposed 
FE model shows good agreements with our in vitro experiments.   
 First section describes the method of FE modeling approach.  Deformations and 
stress/strains on the porcine AV model predicted from the proposed computational model 
are presented in the section 2.  In the last section, verifications of the proposed model are 
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performed by comparing FE stretch results on the AV leaflets to the in vitro experimental 
results.   
5.1 Proposed FE modeling approach for the Porcine AV  
The calibrated CFN tissue material model is implemented within structural model 
for a porcine aortic valve that consists of leaflets and aortic wall.  Leaflets include CFN 
elements on elastin surfaces, while coaptations contain elastin only.  The geometries of 
porcine AV FE model are based on the geometrical parameters of typical native valve 
suggested by Thubrikar[1], such that aortic root diameter is 24mm and total valve height 
is 12.5mm.  The distance between commissures is 18.7mm and height of coaptation area 
is 3.5mm, Table 5.1.  Three leaflets are identical, which thickness is 0.46mm [73] without 
considering collagen fiber sizes.  Figures 5.1(a) and (b) illustrate three dimensional 
material and structural models of two different valve configurations, which are fully 
closed and semi open state, respectively.  In this study, the latter model is chosen as 
initial geometry associated with zero transvalvular pressure based on the observations 
from in-vitro experiments.  In this study, the latter model is chosen as initial geometry 
associated with zero transvalvular pressure based on the observations from in-vitro 
experiments.  Leaflet sections for the structural model are defined as shown in Figure 5.2 
based on the CFN used in Missirlis and Chong’s paper [3].  Figure 5.3 illustrates the CFN 
elements generated using linear beams on the leaflet surfaces which geometries are 
extracted from the collagen fiber bundles observed from the microscopic images of 
porcine AV leaflets, Figure 3.1.  Perfect bonding between elastin and CFN elements is 
included in the model.  Material properties for collagen fibers and elastin, and fiber 
volume fractions calibrated in the previous section 3.4 are applied to the corresponding 
leaflet sections for the AV model.  Since aortic wall is much thicker and stiffer compared 
to the leaflets, linear isotropic material property with stiffness of 60MPa is assumed.  
Contact formulation between coaptation regions of leaflets is also included in the model 
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to capture stresses over the contacted areas during the closing phase.  The densities of 
leaflets and aortic wall are taken from Kim et al. [28] as 1,100kg/m3 and 2,200kg/m3, 
respectively.  Friction coefficient of 0.05 and damping coefficient of 0.2 are used, based 
on Arcidiacono et al. [29].  The FE model consists of 11,280 elements containing beam 
elements for collagen fibers and triangular shell elements for leaflets, coaptation and 
aortic wall.  The nodal degrees of freedom of bottom edge of the aortic wall are fixed.  
The total model variables are about 33,000 which consist of nodal degrees of freedom 
and other variables associated with contact constraints and boundary conditions.  Time 
dependent aortic and ventricular pressure is directly applied to the leaflet surfaces of 
aortic and ventricular side, respectively [82, 87].  These aortic and ventricular pressures 
are measured from 10 repeated in-vitro experiments and their averages are shown in 
Figure 5.4.   
 
Table 5.1 Geometry information used for porcine AV modeling 
Aortic root diameter Valve height Distance between 
commisures 
Coaptation height 






               
(a)                                                                    (b) 
Figure 5.1 (a) A 3D aortic valve FE model in fully closed position, (b) Semi-open state of 
a 3D aortic valve FE model when zero pressure is applied. 
 
 
Figure 5.2 Leaflet model with strip section identification based on the paper by Missirlis 





Figure 5.3 Collagen fiber elements generated on the leaflet FE model 
 
 
Figure 5.4 Aortic and ventricular pressure profiles measured from repeated in-vitro 




5.2 Structural Analysis of the Fresh Porcine AV during Full Cardiac Cycles 
The calibrated CFN model is implemented into an FE-AV structural model 
previously shown in Figure 5.1.  Structural dynamic simulation using the CFN model is 
carried out using the ABAQUS general purpose implicit FE code [74].  Stress and strain 
contours are reported at selected time intervals during cardiac cycle as shown in Figure 
5.5.  The combined CFN and structural models allow predicting the stress levels at the 
collagen fibers as shown in Figure 5.5.  During early diastole, the upper leaflet belly area 
becomes in contact with adjacent leaflets, while coaptation region is not in fully contact 
but flutters due to dynamic effects, which is also observed in the in-vitro experiments.  
Larger logarithmic strain values can be seen from the leaflet attachments as leaflet closes.  
Principal stress contours on the leaflet surface show that high magnitudes are located on 
leaflet attachments area during diastole due to stress concentration caused by material 
differences between the leaflet and the aortic wall.  Strain and stress values during systole 
are small compared to the values during diastole, because maximum systolic 
transvalvular pressure is only about 2kPa while diastolic pressure is about 20kPa.  Figure 
5.6 illustrates maximum principal logarithmic strain contours captured from both the 
proposed CFN and the Holzapfel model during early systole.  The Holzapfel material 
parameters determined from the in-situ calibrations modeling are applied to the full AV 
model that correspond to the proper leaflet locations in a similar calibration process to the 
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Figure 5.5  Three dimensional deformed shapes with maximum principal 
stress/maximum principal logarithmic strain contours of aortic valve model and axial 




As illustrated in figure 5.6, the differences between the Holzapfel and the 
proposed CFN models are more pronounced in the corresponding full-scale AV structural 
simulation.  Both models commonly show relatively large strain along the leaflet 
attachment and commisure area. However, the Hozapfel model indicates large strain 
mainly in the belly region, while the CFN model shows strain concentrations along the 
leaflet attachment area in more heterogeneous manner and large strains in the belly 
region.  Comparing the Holzapfel model with the proposed CFN model, 1) The AV 
model simulation using the Holzapfel material model cannot be completed for the full 
cardiac cycle due to convergence problems, while the CFN model converges for all load 
increments; 2) The CFN-AV model easily captures the heterogeneity of the tissue and the 
stress concentration in the leaflet due to different fiber geometries and densities 
depending on the spatial location; 3) The CFN model is able to take account of local 
collagen fiber bending, while the Holzapfel considers the leaflet as homogeneous and 
provides for an effective plane-stress response.  This study tells the proposed CFN model 
has benefits when examining material and structural behavior of highly heterogeneous 






(a) Proposed CFN model (b) Holzapfel model 
Figure 5.6 Maximum principal logarithmic strain contours on the leaflet captured from 




5.3 Analytical Results of Major and Minor Principal Stretches on AV Leaflets 
during Cardiac Cycle Compared to In Vitro Experiments 
Principal stretch results on the leaflet belly region during full cardiac cycle 
predicted from the proposed model are compared to the in-vitro experimental results 
obtained using DCP, as illustrated in Figure 5.7.  Experimental results are available only 
for diastole phase due to the lack of optical camera access during systole.  The two 
principal stretches include major and minor parts in radial and circumferential directions.  
The results from the FE-AV along with its CFN material model compare well with the in-
vitro experimental results. It can be seen that the major and minor stretches during 
diastole have relatively uniform values of 1.47 and 1.13, respectively.  Oscillations and 
higher frequency content exist in the in-vitro results especially in the early stage of 
diastole which can be explained by a water hammer effect that is generated by a 
temporal-spatial oscillation in pressure.  These oscillations can also be correlated with 
our dynamic FE-AV structural model.  The selection of the material damping coefficient 
is important to capture this effect in the model.  Our selection is based on previously 
reported work on [29].  During systole, typical predicted major and minor principal 
stretch from the model is about 1.3 and 1.03, respectively.  Overall, good model 
predictions within 2% differences are observed for the principal stretch values.  Large 
oscillations are evident in the in-vitro experiments which may be explained by a time-
dependent damping effect and perhaps even with a spatial variability due to the strong 
material anisotropy.  This is beyond the scope of this study.  
Figure 5.8 illustrates principal stretch on the leaflet base region during full cardiac 
cycle both from the proposed model and in vitro experiments. As shown in Figure 5.7, 
both in vitro experiments and the proposed model show that the major and minor 
stretches during diastole are higher than during systole.  The maximum major and minor 
stretch on the leaflet base region is 1.52 and 1.13, respectively.  Differences between the 
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model and in vitro experiment are within 3% during diastole, however, rather significant 
discrepancy is observed during systole.  As for the major principal stretches during 
systole, model prediction shows slow increase of stretch in the beginning of systolic 
pressure while experiment shows rapid increase.  This can be explained due to the 
damping effect included in the dynamic model, which delays valve kinematic response to 
the pressure.  The maximum value of the major principal stretches during systole is 1.3 
and 1.4, from the proposed model and in vitro experiment, respectively.  The minor 
stretches during systole are less than one according to the in vitro experiments, while the 
model shows slightly larger than one during the most of systolic phase.  This may be due 
to drag forces of the flow in the experiments causing contraction of the leaflet base, 
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Figure 5.7 Major and minor principal stretch values on the belly region of the AV leaflet; 






















time (msec)  
Figure 5.8 Major and minor principal stretch values on the base region of the AV leaflet 
during full cardiac cycle; both from experiments and proposed model 
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 CHAPTER 6 
NONLINEAR MICROMECHANICAL MODELING APPROACH 
FOR ANISOTROPIC HYPERELASTIC TISSUE MATERIALS 
  
 In this chapter, a new nonlinear modeling framework is introduced that can be 
used for multiphase composites representing the anisotropic hyperelastic tissue material 
behavior.  This modeling framework is developed based on the well known multiphase 
micromechanical model called the High Fidelity Generalized Method of Cells (HFGMC).  
In this study, new numerical approach and formulations for the multiphase hyperelastic 
material constituents are implemented within the proposed HFGMC model.  A new 
nonlinear formulation of the hyperelastic HFGMC is presented along with its 
computational implementation in order to increase the computational efficiency.  The 
nonlinear formulation employs implicit integration with finite applied deformation and a 
minimization of the nonlinear residual vector that allows iterative stress and strain 
correction within the phases.  This implementation is shown to be suitable for large time 
steps or strain increments especially when the HFGMC is coupled with local-global 
analysis.  The proposed HFGMC tissue model is calibrated using available experimental 
data of various types of tissue, such as aortic valve leaflets and coronary artery layers.  
The HFGMC predictions are compared to the proposed CFN model and the Holzapfel 
model presented in the chapter 3.   
 This chapter presents applications of the proposed HFGMC model for predicting 
the effective response of tissue materials.  The objective is to examine a viable 
constitutive modeling approach that can be compared to the previous tissue material 
models.  Local-global structural analysis using the HFGMC are not investigated and 
considered beyond the scope of this study.  General formulations for HFGMC modeling 
framework and hyperelastic material model implementation are presented in first and 
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second sections, respectively.  The proposed computational method is, then, applied to 
various types of arteries as well as aortic valve leaflet tissues.  In the last section, the 
proposed CFN and HFGMC modeling approaches are compared to the well known 
constitutive model proposed by Holzapfel et al [41, 74, 75].     
6.1 General Formulations for High Fidelity Generalized Method of Cells  
The proposed modeling approach is based on the recent HFGMC nonlinear 
micromechanical formulation proposed by Haj-Ali and Aboudi [54].  HFGMC uses 
higher order theory, first developed by Aboudi et al. [89] for modeling composite 
materials functionally graded in one and two directions.  In their paper, a generalized 
higher order theory that can analyze spatially varied composites in three directions is 
developed and applied for metal matrix composites with large-diameter fibers with 
thermal barrier coatings subjected to thermomechanical loading.  Stress and temperature 
distributions through the composite thickness are examined and compared to the results 
from the commercial FE code [74] for a validation.  Their study shows that the local-
global coupling higher order theory is able to take account for microstructure behavior 
such as stress and temperature distributions of the different materials within the 
composites, which cannot be predicted from standard homogenization modeling methods. 
In this study, the proposed hyperelastic HFGMC model employs higher order 
polynomial form for the displacement field and the deformation gradient tensor of 
Repeating Unit Cells (RUC) and satisfies equations for volumetric equilibrium, traction 
continuity, and displacement continuity in an average sense between the cells.  Figure 6.1 
illustrates a schematic drawing of a composite section consisting of repeating unit cells 
(RUCs).  The overall composite section is considered within the global coordinate system 
of x-2 and x-3 direction, while each RUC is presented in local coordinate system of y-2 
and y-3 direction.  The origin of the local coordinate system is located at the center of the 
unit cell.  In addition, each RUC, consisting of multiple phases, has dimensions of h and l 
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as illustrated in Figure 6.2.  Figure 6.3 illustrates labeled subcell arrangement within the 
local coordinate system.  The unit cell is a divided by multiple subcells and each subcell 
contains a material that is homogeneous and highly nonlinear.  Each subcell is simplified 
as a rectangle which height and length are hβ and lγ , respectively.  Indices β and γ denote 
the location of the current RUC in y-2 and y-3 directions, respectively.  The neighboring 
cells are labeled with β±1 and γ±1. 










Figure 6.1 A schematic drawing representing a composite section consisting of RUCs 




Figure 6.2 A unit cell with dimensions of h and l 
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Figure 6.3 Unit cell arrangements with its labels within the local coordinate system of y-2 
and y-3   
 
The overall displacement field, u , is a function of global coordinate system, x, 
while each subcell has displacement field, u , in a local-global coordinate system, x and 
y.     
( )xuu ≡  (6.1)
( ) ( ) ( )yx,uu βγβγ ≡  (6.2)
Based on the previous studies [54], the displacement field of a subcell can be expressed 
by higher order polynomial form:  
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⎛ −++++=  
(6.3)
By the definition, deformation gradient, F , is differential deformation in deformed 
configuration with respect to undeformed configuration.  
ji,u  IFXd
xd +=≡  (6.4)
 In our study, F  is assumed to be fixed and spatially homogeneous, because the global 
coordinate system, x, is much larger than the local coordinate system, y.     
u  XXFx +==  (6.5)
Using Eq. 6.5, one can easily induce the relationship between u  and F as: 
( )XI-Fu =  (6.6)
XFu Δ=Δ  (6.7)
Substituting Eq. 6.7 to Eq. 6.3, Eq. 6.3 can be rewritten as:  
( ) ( ) ( )( )






































Also, substituting Eq. 6.4, Eq. 6.8 can be rewritten as:  
( ) ( ) ( )( ) ( )( ) ( )( ) ( )( ) 3jβγ02i32jβγ20i23jβγ01i2jβγ10iijβγji,ij
βγ
ij δW3yδW3yδWδWFuδF ++++=+=  (6.9)
The nonlinear geometry is taken into account in our proposed numerical formulations by 
using deformation gradient tensor instead of using strain tensor, {ε}.  In a vector form, 
Eq. 6.9 can be written as: 






















































































In the same manner, Eq. 6.11 can be used for expressing F(βγ) in a gradient form: 
( )
( )( ) ( )( ) ( )( ) ( )( )βγ02013βγ20102βγ0101βγ1010
βγ
WP3yWP3yWPWPFF Δ+Δ+Δ+Δ+Δ=Δ  (6.13)
The proposed HFGMC uses first Piola-Kirchhoff stress, Tij, for stress updates, because of 
the hyperelastic material modeling.  First Piola-Kirchhoff stress rate and its gradient can 
be expressed in a matrix form as: 
jlkiljik FAT && =  (6.14)
where, Hklmnjnimijklkilj CFFSA +δ=  (6.15)
{ }( ) [ ]( ){ }( )βγβγβγ FAT Δ=Δ  (6.16)
Then, we define stress gradient in a similar form of displacement field (Eq. 6.11 
and 6.13), but using only linear term.  The reason for using linear expression for stress 
gradient is because the stress field in a higher order form than the displacement field 
doesn’t add accuracy.   
{ }( ) ( ) ( )( ) ( )( )βγβγβγ Δ+Δ+Δ=Δ 013102βγ TyTyTT  (6.17)
( ) ( ) ( ) ( )( ) ( ) ( )( )














Comparing with Eq. 6.18, each term in the Eq. 6.17 can be expressed as: 
( ) ( ) ( ) ( )( ) ( ) ( )( )βγ0101βγ1010
βγ
WPAWPAFAT Δ+Δ+Δ=Δ βγβγβγ  (6.19)
( )
( ) ( ) ( )( )βγ2010
βγ
10 WPA3T Δ=Δ βγ  (6.20)
( )
( ) ( ) ( )( )βγ0201
βγ
01 WPA3T Δ=Δ βγ  (6.21)
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 For the equilibrium in a volumetric sense, the following equation has to be 
satisfied:  





ij2 =∂+∂   (6.22)



















10i2 =+  (6.24)






































10 =+  (6.27)













10 =Δ+Δ  (6.28)
Substituting Eq. 6.20 and 6.21, Eq. 6.28 can be expressed as: 
( ) ( )



























1010 =Δ+Δ  (6.30)
where, ( )





1010 PA3PD =  and ( )( ) ( ) ( )( )βγ0201βγT01βγ1010 WPA3PD Δ=  (6.31)
 Each RUC has stresses that are continuous on the borders between subcells.  
Along with y-3 direction, this can be expressed as: 
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In order for simple expressions, it is defined that 11 +β≡β  and 11 −β≡β− .  And, Eq. 
6.32 is rewritten by using Eq. 6.17 as: 
( )
( ) ( )
( )












⎛ Δ+Δ+Δ−Δ+Δ−Δ γβγββγβγβγβ  (6.33)
For an average of stresses, Eq. 6.33 is integrated over the interface between the subcells 
in y-3 direction: 






































⎛ Δ−Δ γββγβγβ  (6.36)
Substituting Eq. 6.19, 6.20, and 6.21, Eq. 6.36 becomes: 
( ) ( ) ( )
( ) ( ) ( )
( )
( ) ( )
( )
( ) ( ) ( )
( ) ( ) ( )( )





































































Using expressions in Eq. 6.31, Eq. 6.37 becomes: 
( ) ( ) ( )
( ) ( ) ( )
( ) ( ) ( )
( )
( ) ( ) ( )


















































In the same manner, traction continuity is applied for interfaces along with y-2 direction. 
And it is also defined that 11 +γ≡γ and 11 −γ≡γ− .   
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Using Eq. 6.17, Eq. 6.38 is rewritten as: 
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( )( ) ( )( )
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For an average of stresses, Eq. 6.38 is integrated over the interface between the subcells 
in y-2 direction: 



















⎛ Δ+Δ γβγγ  (6.41)
Substituting Eq. 6.19, 6.20, and 6.21, Eq. 6.41becomes: 
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Using expressions in Eq. 6.31, Eq. 6.42 becomes: 
( ) ( ) ( )
( ) ( ) ( )
( ) ( ) ( )
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For the simplicity, it is used that ( ) ( )βγ≡ 01βγ
T
01 DAP  and 
( ) ( )βγ≡ 10βγ
T
10 DAP .  















The gradient form of Eq. 6.8 can be obtained as: 
( )
( ) ( ) ( )


































Substituting Eq. 6.45, Eq. 6.44 can be rewritten as: 
( ) ( ) ( ) ( ) ( )


























































For an average of displacement in the subcell, Eq. 6.46 is integrated over the interface in 
y-3 direction: 
( )∫ γγ− =2l 2l 3 0dy46.6.Eq  (6.47)

























⎡ Δ+Δ+Δ γβγβγβγβγββγββγββγ  
(6.48)
Displacement continuity over the interface along with y-2 direction is imposed as: 











Substituting Eq. 6.45, Eq. 6.49 can be rewritten as: 
( )( ) ( )( ) ( )( ) ( )( ) ( )( )


































































( )∫ =ββ− 2h 2h 2 0dy50.6.Eq  (6.51)


























⎡ Δ+Δ+Δ βγγβγγβγβγγβγγβγ  
(6.52)
Next, we combine the equilibrium equation, two traction, and two displacement 
continuity equations, Eq. 6.30, 6.37, 6.43, 6.48, and 6.52, in a vector form.  Residual 
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Since residual vector {ΔR} is zero, the right side of the Eq. 6.55 can be expressed as: 








































Now, a vector of incremental microvariables of each subcell (βγ), {ΔX}, can be 
expressed as a function of Q, D and ΔF.   
FDQX 1 Δ−=Δ −  (6.57)
FDˆX Δ=Δ  
where, DQDˆ 1−−=  
(6.58)
Substituting Eq. 6.58 to Eq. 6.19, an average first Piola-Kirchhoff stress gradient 
of a subcell can be expressed as a function of {A}, {B}, and }F{Δ .      
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( ) ( ) ( )( ) ( )( )( ) FDˆPDˆPIAT βγ0101βγ1010βγ Δ++=Δ βγ  (6.59)
( ) ( ) ( ) FBAT βγ Δ=Δ βγβγ  
where, ( ) ( )( ) ( )( )βγ0101βγ1010 DˆPDˆPIB ++=βγ  
(6.60)
The global (average) first Piola-Kirchhoff stress gradient is a volumetric 
summation of the stress gradients in a unit cell, thus, can be expressed as:  
( )
( )
( ) ( ) ( )∑ Δ=∑ Δ=Δ βγβγβγβγ FBAvTvT βγ  (6.61)
FAT Δ=Δ ∗   
where, ( ) ( ) ( )∑ βγβγβγ∗ = BAvA  
(6.62)
Finally, the global (average) first Piola-Kirchhoff stress gradient /rate can simply 
expressed as a function of the global (average) deformation gradient/rate, FΔ .  
klijklij FAT Δ=Δ ∗  (6.63)
klijklij FAT
&& Δ=Δ ∗  (6.64)
6.2 Implementation of Hyperelasticity inside the HFGMC Formulations 
In this section, numerical implementation of hyperelastic materials using strain 
energy density function is described.  Toward that goal, stress and strain rate 








∂= &&&  (6.65)
where S is second Piola-Kirchhoff stress, C is right Cauchy-Green tensor, W is strain 
energy density function, and Gε& is Green strain rate. 
 The strain energy density function, W, is a function of invariants of the right 
Cauchy-Green tensor, C .  This is expressed as: 
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(6.67)
The right Cauchy-Green tensor with volume changed eliminated, C , is used 
within the polynomial strain energy function in order to take account for 
incompressibility of hyperelastic materials.  The relationship between C and C can be 
written as: 









T −−−− ====  
(6.68)
In our study, polynomial form of strain energy function is used.  Recall from the previous 
chapter 3, the functions is: 


















































And, each term inside Eq. 6.71 can be solved as: 


















































































































































From Eq. 6.67, 1I , 2I , J, I1, I2, and I3 are functions of Cij, Eq. 6.75, 6.76, and 6.77 can be 
easily obtained.   
 The tangent stiffness matrix can be defined from the relationship between the 
Jaumann stress rate, Jτ& , and the deformation rate tensor, d [66]. 
d:aJ =τ&  (6.78)
where, ikjljlikijklijkl ca τδ+τδ+=   
where, cijkl is the spatial elasticity tensor that relates the Lie derivative of the Kirchhoff 
stress, τ.  And the relationship between Kirchhoff and Cauchy stress is given by: 
d:cL =τ  (6.79)
σ≡τ J  (6.80)
From Eq. 6.14 and 6.15, the stress rate of the first Piola Kirchhoff stress is given as: 
jlkiljik
pk1
lk FAT &&& ≡≡σ  (6.81)
H
klmnjnimijklkilj CFFSA +δ=  (6.82)
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where, ( ) ( ) ( )j2N
1ji
2i
1ij11, 3I3IB1iiW −−−= ∑=+
−  






− −−== ∑  






−−−= ∑  









In a global sense, Eq. 6.65 can be rewritten as: 
∗∗ +δ= H lnkmjnimijklkilj CFFSA  (6.88)
Therefore, once we know A* using Eq. 6.82, C* can be obtained as: 
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( )ijklkilj1jn1imH lnkm SAFFC δ−= ∗−−∗  (6.89)
The Lie derivative of the Kirchhoff stress is also given by: 




1S && =  and ( ) ljklTikkl FdF2C =&   
And, the relationship between spatial elasticity tensor and material elasticity tensor can 
be derived by substituting Eq. 6.90 to Eq. 6.79.  This is expressed as: 
H
mnpqlqkpjnimijkl CFFFFc =  (6.91)
In a global sense, Eq. 6.91 can be rewritten as: 
∗∗ = H lnkmsnrlqmpkpqrs CFFFFc  (6.92)
Substituting Eq. 6.89, Eq. 6.92 can be expressed as: 
( )ijklkilj1jn1imsnrlqmpkpqrs SAFFFFFFc δ−== ∗−−∗  (6.93)
And, Eq. 6.93 leads to: 
( )ijklkiljlnrjsiqnpkpqrs SAFFc δ−δδδ= ∗∗  (6.94)
( )rjsiijknksnrqnpkpqrs SAFFc δδδ−= ∗∗  (6.95)
( )srknksnrqnpkpqrs SAFFc δ−= ∗∗  (6.96)
The average second Piola-Kirchhoff stress, S , is related to first Piola-Kirchhoff stress,  
T , as:  
TFST =     (6.97)
Substituting Eq. 6.97, Eq. 6.96 can be rewritten as: 
srin
1
kiqnpkksnrqnpkpqrs TFFFAFFc δ−= −∗∗  (6.98)
Therefore, once c* is given from Eq. 6.98, a* can be obtained as: 
ikjljlikijklijkl ca τδ+τδ+= ∗∗  (6.99)
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6.3 Applications of the HFGMC Model to the Various Types of Tissue Materials 
Applications are performed in order to demonstrate the capability of the proposed 
hyperelastic HFGMC model.  Towards that, the micromechanical formulations derived in 
the previous sections are written in the form of user subroutine and interfaced with the 
ABAQUS general purpose FE code [74].  Within the micromechanical formulations, 
polynomial form of strain energy density function with parameter N=2 for hyperelastic 
material constituents is chosen.  The five material parameters, B10, B01, B20, B11, and B02, 
required for each material constituent’s polynomial formulation are obtained from the 
stress-strain test data [74].  The calibrations using the proposed HFGMC model are also 
compared to the Holzapfel and the proposed CFN model calibrations.  The FE model for 
the proposed HFGMC calibration uses an eight node-3D element, while the CFN model 
uses four node-shell and two node-beam elements, and the Holzapfel model uses only 
shell elements.   
For applications to various types of tissues, available test data are collected from 
Holzapfel [90] and Billar and Sacks [76].  The former study reports the uniaxial tension 
test data on the arterial wall of a human abdominal aorta.  In the experiments, the human 
arterial wall is separated into its three layers, media, adventitia, and intima, and each 
layer is subjected to uniaxial tension.  The typical specimen size is 30mm × 5 mm, and 
the thickness of each layer is 1.32, 0.33, and 0.96, mm, for media, intima and adventitia, 
respectively.  In addition, each layer of the arterial wall has different collagen fiber angles 
of ±37.8°, ±18.8°, ±58.9°, for media, intima, and adventitia, respectively.  The 
geometries of the arterial wall layers for the FE modeling are listed in Table 6.1.  From 
the latter study [76], equi-biaxial tension test data performed on the porcine aortic valve 
leaflet strips are used for calibration.     
In the first application, media layer of the human arterial wall is calibrated.  
Figure 6.4 illustrates the uniaxial stress-strain results calibrated from the proposed 
hyperelastic HFGMC model compared to the experiments [90], the proposed CFN, and 
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Holzapfel model.  It is shown that both the proposed hyperelastic HFGMC model and 
Holzapfel model are capable of capturing the stress-strain response of the arterial tissue.  
The two model show similar behavior in small strain range, however, the Holzapfel 
model becomes stiffer than the proposed HFGMC model after a certain strain level.  This 
is mainly because the Holzapfel model contains exponential form of strain energy density 
function for anisotropic material behavior which leads to drastic increase of the stress-
strain slope, while the proposed HFGMC model uses polynomial form.  The proposed 
CFN model has relatively poor agreement with the experiments compared to other two 
models, because this model results well when the collagen fibers are aligned uniformly in 
one direction, as mentioned in Chapter 3.3.  The results from the second and the third 
application for the intima and adventitia layers of the arterial wall are illustrated in Figure 
6.5 and 6.6, respectively.  Similar results shown in the media layer is observed in the 
applications for the other layers.  The calibrated results from the proposed hyprelastic 
HFGMC and the Holzapfel model show good agreements with the experiments, and 
curves from the Holzapfel model become stiffer after the certain strain level.  The 
applications of the proposed CFN model constantly show relatively poor correlation with 
the experimental results compared to the proposed hyperelastic HFGMC and the 
Holzapfel model.  The material parameters used in the polynomial form of strain energy 
functions inside the proposed hyperelastic HFGMC and the Holzpafel models are listed 










Table 6.1 Geometries of arterial wall layer models 
 Intima Media Adventitia  

























(c) ‐ experiment from Holzapfel [89] (a) ‐ experiment from Holzapfel [89]






Figure 6.4  Uniaxial stress-strain curves of intima layer of the human arterial wall 
calibrated from the proposed hyperelastic HFGMC model, compared to the experimental 
results, the Holzapfel and the proposed CFN model calibrations; Indices (c) and (a) 























(c) ‐ experiment from Holzapfel [89] (a) ‐ experiment from Holzapfel [89]






Figure 6.5  Uniaxial stress-strain curves of media layer of the human arterial wall 
calibrated from the proposed hyperelastic HFGMC model, compared to the experimental 
results, the Holzapfel and the proposed CFN model calibrations; Indices (c) and (a) 






















(c) ‐ experiment from Holzapfel [89] (a) ‐ experiment from Holzapfel [89]
(c) ‐ proposed CFN model (a) ‐ proposed CFN model
(c) ‐Holzapfel model (a) ‐Holzapfel model
(c)‐HFGMOC model (a) ‐HFGMOC model  
Figure 6.6  Uniaxial stress-strain curves of adventitia layer of the human arterial wall 
calibrated from the proposed hyperelastic HFGMC model, compared to the experimental 
results, the Holzapfel and the proposed CFN model calibrations; Indices (c) and (a) 
denote circumferential and axial directions, respectively. 
 
Finally, the porcine AV leaflets’ biaxial test data reported by Billar and Sacks 
[76] are used for calibrations of the proposed models and the Holzapfel model.  Figure 
6.7 illustrates the biaxial stress-strain responses from the three models and compared to 
the experiments.  Overall, the proposed hyperelastic HFGMC model is able to capture 
anisotropic behavior of the AV leaflet tissue materials.  In particular, it is observed that 
the proposed hyperelastic HFGMC model overestimates radial directional stress states at 
the beginning of the curve.  The reason is because the fiber elements imposed inside the 
proposed hyperelastic HFGMC model are assumed to have all six stress tensors including 
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σ22, and σ33.  Thus, the radial effective stress is a combined stress states of fiber and 
matrix, which makes the effective radial behavior stiffer than the experimental results in 
the beginning of the radial stress-strain curve.  This effect is not observed from the 
proposed hyperelastic HFGMC model calibrations for the arterial wall, because the axial 
stress-strain response of arterial wall is relatively close to the circumferential response.  
On the other hand, in the proposed CFN model, the radial response is not affected by the 
fiber material responses when fibers are aligned in circumferential direction, because 
beam elements are used, which have only one dimensional stress states along the beam 




























Figure 6.7  Biaxial stress-strain curves of porcine aortic valve leaflet calibrated from the 
proposed hyperelastic HFGMC model, compared to the experimental results, the 
Holzapfel and the proposed CFN model calibrations; Indices (c) and (r) denote 





Table 6.2 Material parameters for polynomial hyperelstic strain energy density functions 
Polynomial 
Form 
B10 B01 B20 B11 B02 
Intima (f) 341.80 0.0 65469.36 0.0 0.0 
Intima (m) 6.34 0.0 354.62 0.0 0.0 
Media (f) -2400.85 2496.61 51080.66 -126627.17 80443.32 
Media (m) -56.05 61.93 1562.97 -3820.49 2394.51 
Adventitia (f) -80.11 86.24 371.64 -1023.68 751.22 
Adventitia (m) -1415.27 1489.37 13278.77 -34618.56 23533.41 
AV leaflet (f) -13810.86 14045.02 1603542.45 -3651502.98 2096494.68 
AV leaflet (m) -12.708 13.05 193.92 -526.63 365.71 
* (f) and (m) denote collagen fiber and elastin matrix, respectively. 
 
Table 6.3 Material parameters for Holzapfel model  
Holzapfel 
Model 
C (kPa) D (kPa-1) k1 (kPa) k2 κ 
Intima 44.0 10-5 8350.2 8800.8 0.32 
Media 14.0 10-5 95.2 100.8 0.32 
Adventitia 2.0 10-5 28.0 29.6 0.31 





 CHAPTER 7 
CONCLUSIONS AND FURTHER RESEARCH 
 
7.1 Conclusions  
New 3D multi-scale material-structural modeling approaches for the nonlinear 
and dynamic mechanical analysis of the prosthetic and native Aortic Valves (AV) are 
proposed.  These include different nonlinear isotropic and anisotropic constitutive 
materials for the aortic valve: nonlinear polymeric, the well-known Holzapfel anisotropic 
hyperelastic model, newly developed Collagen Fiber Network (CFN), and the 
hyperelastic High Fidelity General Method of Cells (HFGMC).  
 The polymeric prosthetic AV model is first generated in order to compare the 
structural analysis to in-vitro tests where the material is nonlinear isotropic and relatively 
simple to implement.  Thus, the nonlinear polymeric model is used to verify the structural 
modeling of the AV with test results of an AV in an in-vitro pulsatile flow loop.  In-vitro 
experimental results, from high speed imaging, are processed to generate deformation 
metrics for the AV structure that can be compared with the FE-AV model.  The latter 
shows a very good correlation with the measured test data.  This part of the study shows 
that the FE model subjected to transvalvular pressure with coupled nonlinear geometric 
and material in the formulation of the elements is able to capture the accurate polymeric 
valve behavior during cardiac cycle.  
The proposed native porcine AV model consists of a shell-based FE structural 
dynamic analysis that can be performed with three anisotropic hyperelastic material 
models for the tissue:  the CFN heterogeneous model, Holzapfel’s anisotropic 
homogenized model, and a new form of the HFGMC micromechanical model of Aboudi.  
Test results available in the literature in the form of uniaxial tension of different spatial 
locations within the porcine AV leaflets are used to calibrate the CFN and Holzapfel 
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models.  The proposed CFN model recognizes the separate material constituents (elastin 
and collagen layers), thus, is able to capture heterogeneous and anisotropic behavior of 
native AV leaflets by explicitly integrating the mechanical response at a lower-scale 
using the elastin and collagen fiber elements.  However, the Holzapfel model captures the 
anisotropic behavior by using anisotropic term within the strain energy density function.  
The proposed CFN AV structural model predicts AV leaflet kinematics close to the 
results obtained from static and dynamic in vitro experiments, and suffers less 
convergence problem compared to the Holzapfel model.  A more sophisticated 
micromechanical model is also investigated based on the HFGMC model and integrated 
with a FE code.  A new hyperelastic HFGMC formulation is applied for tissue behaviors 
such as arterial wall layers and porcine AV leaflets.  A higher order form of displacement 
field and deformation gradient gives accurate predictions of the local-global material 
behavior including nonlinear geometry.  Each subcell inside the composites is modeled as 
homogeneous hyperelastic material and uses polynomial form of strain energy density 
function.   
 
7.1.1 Structural Simulations of Prosthetic Tri-Leaflet Aortic Heart Valve 
A combined computational and experimental approach for the nonlinear structural 
simulations of polymeric trileaflet aortic valves (PAVs) is developed.  Nonlinear shell-
based and quasi-static finite-element (FE) structural models are generated for a prosthetic 
valve geometry that includes the leaflets, stents and root materials, such as the bottom 
base and outside walls.  The PAV structural model is subject to an ensemble averaged 
transvalvular pressure waveform measured from repeated in vitro tests conducted with a 
left heart simulator.  High-resolution optical measurements are used to measure the in 
vitro kinematics of the leaflets and the stents.  Qualitative and quantitative deformation 
measures are defined in order to compare the predicted kinematics from the PAV models 
with the in vitro measurements.   
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The use of shell-based layered finite-elements in the structural model has proven 
to be effective due to the large bending and rotation that the leaflets undergo in the full 
cardiac cycle.  The images taken from in-vitro experiments for the polymeric-valve are 
used to measure distances from AV center to the leaflet edges and the stent post-to-stent 
post (SPTSP).  These proposed measured distances (new deformation metrics) during full 
cardiac reveal a unique leaflet kinematics and are simple, effective and used for 
quantitative verification of our proposed model.  Moreover, these metrics can be used to 
compare different AV structures with each other.  The AV structural model with applied 
transvalvular pressure (instead of a full scale fluid-structural model) generates accurate 
results for the overall structural responses measured by the selective kinematic 
displacements with maximum errors around 10% compared to the in-vitro experiments 
especially during systole where the displacements have higher values. 
 
7.1.2 Native Aortic Heart Valve Simulations using a Collagen Fiber Network Model for 
Heterogeneous Leaflet Material 
 A new multiscale material-structural dynamic simulation for the behavior of 
native heart valves allows accurate and refined representation of the leaflet heterogeneous 
anisotropic mechanical behavior by explicitly recognizing the collagen fiber bundles and 
elastin matrix.   
The proposed CFN heterogeneous material model for the leaflets can accurately 
depicts the local material in situ response of the elastin and collagen constituents.  The 
heterogeneous CFN model is compared to the well known Holzapfel’s nonlinear 
anisotropic constitutive model.  It is found that for heterogeneous materials, such as the 
AV leaflets, the CFN modeling approach can be more accurate in representing the overall 
nonlinear hyperelastic behavior and avoid numerical convergence problems at the 
structural level due to material incompressibility. The proposed CFN-AV model also 
allows for predicting stress concentration or failure which can occur at a localized leaflet 
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area or on a certain material constituent by examining heterogeneous and multiscale 
structural behavior of different material constituents of collagen fiber and elastin matrix 
separately.  
 
7.1.3 In-vitro experiments for the deformation responses of porcine aortic heart valves 
Porcine AVs without extracting aorta and sinus are positioned within the static 
and the dynamic flow loop in order to examine the leaflet motions by processing images 
taken from two high speed cameras.  The time dependent locations of the marked area on 
the leaflet belly and the base in a 3D coordinate system are obtained using DCP.  An in-
house code is written to calculate principal stretches from the obtained marker locations 
of the leaflets by using a direct FE shell-based mesh, which includes Lagrangian and 
Hermitian interpolation equations in their perspective spatial locations.  This is verified 
from a commercial FE code by imposing the measured time-dependent 3D marker 
locations as prescribed displacements on the nodes of the finite elements using the same 
type of interpolation equations.  In addition, the aortic and ventricular pressures are 
measured from the in vitro experiments and used as a loading condition in our proposed 
CFN-AV models.   
This strain measurement technique gives accurate leaflet kinematics that can be 
directly associated with the pressure changes.  This allows direct validation of our 
proposed CFN-AV structural model.  In addition, the displacement measurements can be 
used to calculate the surface deformations, such as the principal stretches at critical points 
on the leaflet geometry.  This allows for measuring the heterogeneity and anisotropy of 






7.1.4 Nonlinear micromechanical modeling approach for hyperelastic and anisotropic 
tissue behavior 
A new nonlinear micromechanical model for hyperelastic materials is formulated 
and written to a user subroutine interfacing with a FE code.  The proposed modeling 
approach is developed based on the well known micromechanical models called 
HFGMC, which considers the composites as a combination of Repeating Unit Cells 
(RUCs).  Each RUC contains multiple phases in a form of subcell.  It employs higher 
order form of displacement field and implicit integration for the error correction schemes.  
New nonlinear formulations are added by using total and incremental forms to iteratively 
solve for the higher order deformation gradient tensors combined with a polynomial form 
of strain energy density function for representing hyperelastic materials within the 
subcells.   
The proposed HFGMC model is shown to be effective for different tissue 
materials; calibrated using available experimental data on human arterial wall layers and 
porcine AV leaflets.  The results of the HFGMC for multi-axial stress states show the 
applicability of the proposed model to the wide range of tissues containing multiphase 
without the need to generate separate elements for the different material constituents as 
has been performed in the CFN-AV models.      
 
7.2 Limitations of the Experimental and Modeling Studies 
 This section presents a discussion on the limitation of the in-vitro experimental 
work along with the modeling approaches presented in the previous chapters.  The 






7.2.1. Limitation of the In-Vitro Experiments 
 The in-vitro experiments on polymeric AVs were presented in section 2.2.  It 
should be mentioned that only 2D upstream views of the polymeric valve were taken 
using a high speed camera; therefore, it was not possible to measure the full 3D leaflet 
kinematics from these experiments. Since only one set of high speed camera images was 
recorded during the repeated tests, the results may not represent a good statistically 
averaged valve of the leaflets’ motions.  This is not the case for the in-vitro experiments 
of porcine aortic valves in section 4.5.  However, there was no experimental data 
available on the leaflet belly area during systole due to the lack of optical access from the 
high speed cameras while the leaflets were open. We can overcome these limitations in 
the future by a new design of the pulsatile flow loop and in-vitro setup equipped with 
sophisticated miniature cameras that can be embedded within the left heart walls,  
 
7.2.2 Limitations of the Computational Models 
 The structural FE simulations on the polymeric valve described in chapter 2 were 
performed without considering dynamic effects, such as damping and density of the 
polymers. The reason was because the static analysis of the polymeric aortic valve did 
not suffer from numerical instability problems due to the isotropic material model that 
was employed using deformation plasticity with the Ramberg-Osgood representation of 
the uniaxial stress-strain relations. 
 In chapter 3 and 4 for the porcine AV models, a constant thickness for the elastin 
matrix with various collagen fiber sizes for the different areas of the AV leaflet is 
assumed especially for the CFN models.  This assumption is made because the 
experimentally measured spatial dependent thickness of the elastin layer is not available.  
As for the CFN-AV model, linear elastic material models are used for the aortic wall and 
stents by assuming that the relative stiffnesses are much greater than the leaflets and do 
not significantly (at least to a first order) affect the leaflet motion.  The limitation of the 
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CFN-AV model is also expressed in generating the collagen fiber elements without 
involving detailed parameters such as fiber sizes, orientations, and leaflet geometries.  
However, there is a lack of information available on the sensitivity of the collagen fiber 
geometries on the overall behavior of the inherently heterogeneous leaflets.  In addition, 
only the transvalvular pressure is used as a loading condition of the CFN-AV model, and 
the effect of shear forces are neglected.  Including shear forces in the CFN-AV model 
may allow more accurate prediction of the valve behavior during systole.   
 The proposed HFGMC model discussed in section 6.3 uses 3D brick elements and 
does not fully and directly enforce plane stress condition in the thin shell-like leaflets.  
Another limitation of the HFGMC model is its relatively large computing time compared 
to the CFN model due to microscale computations with a large number of subcells within 
a unit cell. Additional computational formulation may be needed in the HFGMC for 
efficient implementation with large scale computations. 
 
7.3 Further Research  
The proposed porcine AV model using the CFN constitutive form can represent 
the multi-scale AV leaflet behavior under cardiac pressure.  Overall, the leaflet 
deformations are obtained showing a good match with the experiments.  However, the 
current CFN-AV model does not account for the effect of blood flow.  A fully coupled 
fluid-structure interaction (FSI) analysis is needed in order to predict the localized leaflet 
deformations caused by turbulence of the blood flow in addition to the relatively large 
shear (drag) forces during systole.  Furthermore, accurate predictions of the leaflet 
motion due to diseased AV under hypertensive blood pressure can be studied in the future 
using the proposed modeling approaches.  Towards that goal, there is a strong need to 
quantify the mechanical behavior of the tissue under various stages of calcification.  The 
current AV structural model does not include the ascending aorta or the left heart 
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chamber.   It would be beneficial to extend the current FE structural modeling to include 
a full FSI approach along with the left ventricle chamber, a sinus wall, and an ascending 
aorta in order to capture the entire range of coupled behavior, i.e. fluid-structural, 
material-structural, and blood flow interactions, among many others. 
Finally, the current micromechanical modeling approach is able to capture 
anisotropic behavior of aortic valve leaflets as well as arterial tissues.  This can be 
extended and applied to the structural level such as a full scale AV model or multi-
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